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Abstract
In order to advance the design of femoral joints and femoral surgical procedures,
it is vital to first understand the way in which the natural femur behaves. This
includes the results of how changes at one joint may affect the other, as well as the
changes in the femur following total hip replacement, total knee replacement or
both. Therefore, the broad aim of this study was to gain a better understanding
of the natural femur, through finite element, experiment and beam theory modelling.
Fixed boundary condition finite element models of the femur were first
constructed highlighting the importance of boundary condition and loading on
the strain distribution on the femur. A further-developed free boundary condition
model was constructed treating the femur as a complete musculoskeletal construct.
Spring elements were used to characterise all muscles and ligaments. From the
free boundary condition model, muscle, ligament, joint reaction forces and strain
data were extracted. Finally, a sensitivity study was conducted indicating the
importance of muscle stiffness relationship selection.
Digital image correlation was verified and then used in fixed and free boundary
condition experiments. The free boundary condition experiment was used to
validate the corresponding finite element model.
Finally, a unique beam theory model was developed and compared to the finite
element and experimental models. This model is shown to be a useful resource, both
for engineers and surgeons, in understanding the way in which the femur acts.
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Chapter 1
Introduction
1.1 Context of Research
Over the past two decades the number of primary total hip replacements (THR)
and total knee replacements (TKR) has risen dramatically. In the UK alone, during
the period 1991 to 2000, the incidence of primary THR increased by 18% and the
incidence of primary TKR doubled (Dixon et al., 2004). Of greater concern is the
substantial increase in the number of revision THRs and TKRs. For the period
1991 to 2000 in the UK the incidence of revision THR doubled, and the incidence
of revision TKR tripled (Dixon et al., 2004). This trend is not unique to the UK:
it has also been reported in Sweden, Norway, Finland and the US (Malchau et al.,
2002; Puolakka et al., 2001; Havelin et al., 2000; Kurtz et al., 2005).
The femur is the longest and the strongest bone in the human body. Its length
is associated with a striding gait, its strength with the requirement to resist body
weight and muscle forces (Gray, 2005). The femur has two main functions: the first
is to act as a support structure, enabling the weight of the body to be transferred
from the hip joint to the knee joint; the second is to act as a stiff structure, allowing
muscle action to produce movement at both the hip and the knee joints. Since
the femur spans the length between the crucial hip and knee joints, it is vital to
understand the way in which the natural femur behaves, the way in which changes
at one joint may affect the other joint, as well as the femur, following THR, TKR
or both.
There are many different pre-clinical methods of assessing the behaviour of the
femur, the hip and the knee joint. These include computational methods such as
finite element analysis (FEA), laboratory bench tests such as dynamic simulators
or static loading platforms, and finally, animal experimental models (Huiskes,
1993). To date, attempts to model the femur through both computational and
experimental methods have not modelled the femur as a complete musculoskeletal
construct. The complete musculoskeletal construct includes the full geometry of the
femur and the role of both muscles and ligaments, crossing the hip and knee joints.
Previous studies have either excluded the effect of all the muscular and ligamentous
forces and/or have fixed the femur distal to the hip joint using a non-physiological
boundary condition. In order for the pre-clinical models to become established they
must first be validated and, where possible, compared to in vivo results.
A validated computational model will provide many benefits. The primary
benefit is it will allow accurate assessment of the natural femur and the femur,
following both hip and knee arthroplasty. Other benefits are that it will be possible
to use the model to inform the choice of surgical approach and the choice of implant;
it will enable surgeons and researchers to assess the effects of muscle damage which
has occurred through disease, injury or surgery. Additionally, it has the potential
to improve the understanding of bone remodelling, associated with the development
of osteoarthritis and following arthroplasty.
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1.2 Aim of Research
The broad aim of the research in this thesis was to construct finite element,
experimental and beam theory models to establish a full understanding of the
way in which the natural femur behaves. The developed models may be used to
access the femur, both in its natural condition and following arthroplasty; to access
various clinical procedures; to predict how the changes at one joint - the hip or the
knee - may affect the other and ultimately may be used to inform a new design of
an artificial hip or knee joint which is capable of maintaining the stress and strain
distributions observed in the natural femur. This could avoid failure associated
with stress-shielding as well as over-stressing and osteolysis.
In order to achieve this the interim aims were to:
• Develop a free boundary condition finite element model based on a previous
model by Phillips (2009)
• Verify digital image correlation, using synthetic bone blocks, as a viable
method of measuring strain on the surface of samples
• Verify that strain measured on a Sawbones femur, using digital image
correlation, compares well to that predicted using the finite element method
• Construct an experimental model to validate the free boundary condition finite
element model, using digital image correlation
• Construct a modern beam theory model
• Further validate the free boundary condition finite element model using the
beam theory model
• Assess the beam theory model as a tool for rapid surgical planning
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1.3 Summary of Chapters
Chapter 2 presents an overview of the anatomy, structure and mechanics of the
femur, the hip and the knee joint. There is particular detail on the mechanics of
muscles, which are significant for the construction of the free boundary condition
finite element model.
Chapter 3 focusses on finite element modelling of the femur. Fixed boundary
condition models are used to access the effect of boundary conditions and
muscle loading on the strain distribution on the cortex of the femur, and on
the displacement of the femoral head and reaction forces. A free boundary
condition model, with muscles acting as single lines of action, was constructed
and evaluated. Finally, a sensitivity study was conducted examining the effect of
a linear versus non-linear force-displacement criterion for defining muscle activation.
Chapter 4 presents all the experimental models. Initially, digital image
correlation was verified by measuring the strain on biomechanical blocks, during
three and four point bending tests, and by comparing the results to analytical
and finite element analysis. A fixed boundary condition experimental model was
then accessed using digital image correlation, and was compared to a finite element
model. Finally, a simplified free boundary condition experimental model was
constructed and used to validate the free boundary condition finite element model.
The rig was designed to measure strain on the surface of the sample, as well as
movement at the condyles and the loading device.
Chapter 5 introduces the construction of the modern beam theory model based
on the stiffness method, and compares it to fixed boundary condition finite element
models, the free boundary condition finite element model and the simplified free
boundary condition experimental model. This chapter also shows the advantages of
beam theory modelling and additional useful results which can be generated using
the technique.
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Chapter 6 summarises the previous chapters and the conclusions that can be
drawn from this study. It is also presents further potential investigations that could
inform future research.
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Chapter 2
Anatomy, Function and Mechanics
of the Femur, the Hip and the
Knee Joint
2.1 Structure and Properties of the Cortical and
Trabecular Bone
Bone is a unique structure which has both mechanical and metabolic functions.
The primary mechanical function of bone is to provide support to the body and
to act as a rigid structure on which muscles act to provide motion. The secondary
function is to provide protection to the body’s vital organs. The metabolic function
of bone is as an ion reservoir, maintaining the physiological levels of calcium and
magnesium within the body fluid. The intramedullary cavities of the long bones
are also the main production sites for red blood cells.
There are two main types of osseous tissue forming a whole bone. These
are classified as cortical, and cancellous or trabecular bone. Cortical bone
and trabecular bone can be considered to be a single material whose apparent
density varies widely. The compressive strength of bone tissue has been shown
to be proportional to the square of the apparent density (Carter and Spengler, 1978).
Bone can be modelled as isotropic, anisotropic or orthotropic. Although it has
been demonstrated that bone can behave in an anisotropic manner most finite
element studies continue to model it as an isotropic structure. The main reason
for this is that there is limited data relating the material properties of bone as a
function of the orthotropic load directions (Wirtz et al., 2000). For an axial bone
such as the femur, adopting isotropy seems reasonable.
2.1.1 Cortical Bone
Cortical bone tissue forms the diaphyses of long bones and the thin shell of the bone
ends. Classification of bone tissue is based on porosity, which is the proportion
of the volume occupied by non-mineralised tissue. Cortical bone has a porosity
of approximately 5–30% (Carter and Spengler, 1978), therefore making it a very
strong and stiff hard structure. Due to the strong nature of cortical bone its main
mechanical functions are to support the body, protect the organs and provide levers
for movement. The most commonly reported mechanical properties of cortical bone
are Young’s modulus, E, and Poisson’s ratio, ν, allowing load to be spread at the
joints.
2.1.2 Trabecular Bone
Trabecular bone, in the metaphyses and epiphyses, is continuous with the inner
surface of the cortical shell and exists as a three dimensional (3D) network of bony
plates and struts. Trabecular bone porosity may range from approximately 30%
to more than 90% (Carter and Spengler, 1978). The most commonly reported
mechanical properties of trabecular bone, at a macro-scale, are Young’s modulus,
E, and Poisson’s ratio, ν.
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2.2 The Femur
The femur is colloquially known as the thigh bone. It spans the length between
the hip and the knee, forming part of both the joints. The femur has two main
functions. The first is to act as a support structure allowing the weight of the
upper body to be transferred from the hip joint to the knee joint. The second is to
act as a stiff structure, around which muscles act to facilitate movement at both
the hip and the knee joint. Figure 2.1 is a diagram showing the different regions of
the femur and Figure 2.2 is a diagram showing the main features of the femur.
Figure 2.1: A diagram showing the different regions of the femur, shown on
a slice through the coronal plane of a Sawbones femur (Item
3403, Sawbones, Pacific Research Laboratories Inc., Sweden)
Situated at the proximal end of the femur is the femoral head. It is close to
spherical in shape and articulates with the acetabulum of the pelvis. Distal to the
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femoral head is the neck of the femur, which connects the head to the shaft at
an angle of approximately 125◦. The neck facilitates movement at the hip joint,
enabling the limb to swing clear of the pelvis, as well as providing a lever for
the action of the muscles acting about the hip joint (Gray, 2005). At the point
where the neck meets the shaft there are two trochanters, the greater and the
lesser. The greater trochanter is the larger of the two. Both trochanters function as
muscle attachment sites for major muscles from the thigh. Below the trochanters
is the shaft, which is surrounded by muscles and is narrowest in the region of the
mid-diaphysis. Finally, at the distal end of the femur are the medial and lateral
condyles, separated by the intercondylar fossa; the condyles form the articular
surface of the knee.
Figure 2.2: An anterior (left) and posterior (right) view of the right femur
(Todd, 2007)
The structure of the femur is such that it has a hard outer shell of cortical bone
with an inner structure of trabecular bone. The cortical bone is thickest in its middle
third where the femur is narrowest, whereas proximally and distally the cortical bone
becomes progressively thinner and the trabecular bone becomes more prominent.
Running axially through the shaft is a cavity known as the intramedullary canal.
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2.2.1 The Hip
The hip joint is the joint between the femur and the pelvis (shown in Figure 2.3)
and is a multi-axial, synovial ball and socket joint. The two articulating surfaces
are the femoral head (the ball) of the femur, and the acetabulum (the socket) of the
pelvis, a cartilage-lined recess made up of the iliac, ischial and pubic components.
The primary function of the hip joint is to support the weight of the body in both
static and dynamic postures (Kingston, 2000).
Figure 2.3: A diagram of the hip (Todd, 2007)
The hip joint is surrounded by the synovial membrane, which forms an articular
cavity that houses the synovial fluid necessary for lubrication of the joint. The
synovium structure is then enveloped by the joint capsule, a ligamentous structure
which helps to stabilise the joint by holding the bone ends together. Additional
ligaments reinforce this capsule by resisting tensile strains across the hip. These
ligaments work in conjunction with muscles which have a stabilising function, as
well as providing the forces necessary for articulation of the joint (Kingston, 2000;
Nordin and Frankel, 2001a).
Movement of the lower limb about the hip joint depends upon whether the limb
is loaded or un-loaded. When the lower limb is loaded, the foot is in contact with the
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ground and the limb supports the weight of the body. The femur, in this instance,
is fixed and the pelvis moves around it. An example of this type of movement is
bending down to touch one’s toes. When the lower limb is unloaded, the femur is
free to move on a fixed pelvis, as in the case of kicking a ball.
2.2.2 The Knee
The knee is the largest synovial joint in the body. It is a two-joint structure
composed of the tibiofemoral joint and the patellofemoral joint. The knee transmits
loads, participates in motion, aids conservation of momentum, and provides a force
couple for activities involving the leg. It is one of the most vulnerable joints in the
body since it is subjected to high forces and moments, and is situated between the
body’s two longest lever arms (the femur and the tibia). The knee can be affected
by dysfunction of the hip, ankle or foot, and it is therefore important to consider
the status of these joints in any analysis or diagnosis of knee problems (Kingston,
2000; Nordin and Frankel, 2001b).
The knee consists of the articulation between the distal end of the femur and the
proximal surface of the tibia forming the tibiofemoral joint, and the proximal surface
of the fibula and the patella forming the patellofemoral joint. The tibiofemoral
joint acts as the weight bearing part of the knee where as the patellofemoral joint
allows the pull of the quadriceps femoris muscle to be directed anteriorly over the
knee to the tibia, without tendon wear.
The Patella
A key component of the knee is the patella. The patella is the largest of the
body’s sesamoid bones (bones embedded within a tendon) and is embedded in the
quadriceps tendon. This tendon keeps the bone 1-2 cm anterior to the tibiofemoral
joint line. The positioning of the patella, resting in the grooved trochlear surface
of the femoral condyles, increases the leverage of the quadriceps muscle. The
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Figure 2.4: A diagram of the knee (Todd, 2007)
patella has two important biomechanical functions in the knee. Firstly, it aids knee
extension by producing anterior displacement of the quadriceps tendon throughout
the entire range of motion, thereby lengthening the lever arm of the quadriceps
muscle force. Secondly, it allows a wider distribution of muscle that applies
compressive stress on the femur by increasing the area of contact between the
patella tendon and the femur (Nordin and Frankel, 2001b; Kingston, 2000).
The patella is triangular in shape with three important features:
1. The apex points inferiorly for attachment to the patellar tendon; the patellar
tendon in turn connects the patella to the tibia.
2. The base is broad and thick, accommodating attachment of the quadriceps
femoris muscle.
3. The posterior surface has medial and lateral facets which articulate with the
femur. Corresponding with the surface on the lateral condyle of the femur,
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the lateral facet is larger than the medial one. Both facets slope away from a
raised smooth ridge.
The Condyles
At the distal end of the femur are the medial and lateral condyles which form
the articular surface of the knee. Each condyle has a specific geometry in order to
satisfy its function, as follows. The medial femoral condyle is more curved than the
lateral femoral condyle, therefore allowing a limited degree of rotation when the
knee is moving from flexion to extension, and vice versa. Additionally the medial
femoral condyle extends further, distally, than the lateral femoral condyle, resulting
in valgus (a term for the outward angulation of the distal segment of a bone or
joint; the opposite is varus which is a term for the inward angulation of the distal
segment of a bone or joint) of the knee arising naturally. The natural valgus of the
knee, plus the force of the quardriceps muscle along the line of the femoral shaft,
result in lateral displacement of the patella. For this reason, the lateral condyle is
more prominent on its anterior surface than is the medial femoral condyle in order
to resist this displacement. With respect to surface contact on the tibia, the medial
femoral condyle has a larger contact area in an anteroposterior direction than the
lateral femoral condyle (Nordin and Frankel, 2001b; Kingston, 2000).
Studies show that during walking approximately 70% of the total load passes
through the medial compartment of the knee joint. This is, in part, due to the
adduction moment during gait causing an increase in the medial compartment
loading (Kingston, 2000).
Menisci
In the knee there are two menisci: the medial meniscus and the lateral meniscus
(Figure 2.5). These are crescent shaped forms of fibrocartilage which are attached
at each end to facets in the intercondylar area of the tibial plateau. The medial
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meniscus is attached to the fibrous capsule of the joint and to the medial collateral
ligament, which is in turn connected to an expansion from the semimembranosus
muscle. The lateral meniscus is not attached to the fibrous capsule of the joint and
is therefore more mobile than the medial meniscus. This is partly due to its more
circular shape, but also to its attachment to the tendon of the popliteus muscle,
which passes superolaterally between the meniscus and the capsule to insert on the
femur, and assists posterior movement during knee flexion (Nordin and Frankel,
2001b; Kingston, 2000).
Figure 2.5: A diagram of the knee menisci (Todd, 2007)
The menisci retain sufficient mobility to allow them to adapt to knee movements,
as well as acting to improving congruency between the femoral condyles and tibial
plateau during movement, where the surfaces of the femoral condyles articulating
with the tibial plateau change from small curved surfaces in flexion to large flat
surfaces in extension. The menisci are thicker peripherally, and are vascularised
by the capsule and synovial membrane. However, they are significantly thinner on
their inner margins and are avascular; this can have implications for the healing of
damaged or torn menisci (Nordin and Frankel, 2001b; Kingston, 2000).
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2.2.3 The Movement of the Hip and Knee
The following two sections, 2.2.3.1 amd 2.2.3.2, detail the movements of the hip
and knee, and the muscles associated with each movement. These descriptions are
summarised from Kingston (1996). For reference, Figure 2.6 shows the anatomical
planes of the body.
Transverse Plane
Sagittal Plane
Coronal Plane
Figure 2.6: A diagram of the anatomical planes of the body (Todd, 2007)
2.2.3.1 Hip Movement
• Hip Flexion and Extension
Hip flexion and extension occur in the sagittal plane. Flexion is the movement
around the transverse axis that decreases the angle between the femur and
the coronal plane, resulting in the moving of the thigh forwards. Extension is
the movement around the transverse axis that increases the angle between the
femur and the coronal plane, resulting in the straightening or moving of the
thigh backwards.
The main muscles associated with flexion are: psoas major and iliacus, assisted
by the iliiopsoas, pectineus, rectus femoris and sortorius.
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The main muscles associated with extension are: gluteus maximus,
semitendinosus, seminmembranosus and biceps femoris (long head).
• Hip Adduction and Abduction
Adduction and abduction occur in the frontal plane. Adduction is the
movement around the anterior/posterior axis that pulls a structure towards the
midline of the body. Abduction is the movement around the anterior/posterior
axis that pulls a structure away from the midline of the body.
The main muscles associated with adduction are: adductor brevis, adductor
longus and adductor magnus, assisted by pectineus and gracilis.
The main muscles associated with abduction are: gluteus medius and gluteus
minimus, assisted by gluteus maximus, tensor fasciae latae and sartorius.
• Hip Medial and Lateral Rotation
Medial rotation and lateral rotation occur in the transverse plane. Medial
rotation is the rotary movement around the longitudinal axis of the bone
toward the centre of the body, turning the thigh or pelvis inward. Lateral
rotation is the rotary movement around the longitudinal axis of the bone,
away from the centre of the body, turning the thigh or pelvis outward. Lateral
rotation has a greater range of movement than medial rotation.
The main muscles associated with hip medial rotation are: gluteus medius,
gluteus minimus and tensor fasciae latae, assisted by gracilis.
The main muscles associated with hip lateral rotation are: obturartor internus,
obturator externus gemelli and quadratus femoris, assisted by piriformis, gluteus
maximus and sartorius.
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• Hip Circumduction
Hip circumduction is a combination of flexion, extension, adduction and
abduction, and results in a circular movement of the limb about the joint.
Circumduction only truly occurs at the hip and the shoulder, both of which
are ball and socket joints.
2.2.3.2 Knee Movement
• Knee Flexion and Extension
Knee flexion is the motion of moving the lower leg towards the back of the
thigh. When squatting, up to 140◦ of flexion can be achieved. Extension is
the motion of straightening the leg, therefore increasing the angle between the
lower leg and the thigh.
The main muscles associated with knee flexion are: biceps femoris,
semitendinosus and semimembranosus, assisted by gracilis, sartorius, popliteus,
gastrocnemius and plantaris.
The main muscles associated with knee extension are: quadratus femoris
including rectus femoris, vastus medialis, vastus lateralis and vastus intermedialis,
assisted by tensor fasciae latae.
• Knee Medial and Lateral Rotation
Knee medial rotation and lateral rotation only occur when the knee is flexed.
Medial rotation is the rotary movement around the longitudinal axis of the
bone toward the centre of the body. Lateral rotation is the rotary movement
around the longitudinal axis of the bone, away from the centre of the body.
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The main muscles associated with knee medial rotation are: popliteus,
semimembranosus and semitendinosus, assisted by sartorius and gracilis.
The main muscles associated with knee lateral rotation are: biceps femoris.
Knee Ligaments
As with any joint, the knee is reinforced by the structural combination of
ligaments, capsule and muscles. The major ligaments in the knee are the patellar
ligament, the tibial (medial) and fibular (lateral) collateral ligaments, and the
anterior and posterior cruciate ligaments. Details of these ligaments are as follows:
• The patellar ligament is a continuation of the quadriceps femoris tendon
(Figure 2.4). It is attached, proximally, to the margins and apex of the
patella, and distally to the tibial tuberosity.
• The cruciate ligaments are located inside the fibrous capsule of the knee, but
outside the synovial membrane; they are in the intercondylar region of the
knee and interconnect between the femur and the tibia. The two ligaments,
anterior and posterior, cross each other in the sagittal plane between their
femoral and tibial attachments. Both ligaments act to tighten on full
extension of the knee, and act to restrain excessive rotation, particularly
medial rotation of the tibia. In full extension both cruciates are taut, and at
least one cruciate is taut in all positions, providing tibiofemoral stability.
• The anterior cruciate ligament attaches to a facet on the anterior part of the
intercondylar area of the tibia, and ascends posteriorly to attach to a facet at
the back of the lateral wall of the intercondylar fossa of the femur. It acts to
prevent anterior displacement of the tibia relative to the femur. The posterior
cruciate ligament attaches to the posterior aspect of the intercondylar area
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of the tibia, and ascends anteriorly to attach to the medial wall of the
intercondylar fossa of the femur. It prevents posterior displacement of the
tibia relative to the femur.
There are two collateral ligaments, located on either side of the knee joint,
which provide stability to the medial and lateral aspects of the knee.
The lateral, or fibular, collateral ligament is attached superiorly to the lateral
femoral epicondyle, just above the groove for the popliteus tendon, and slants
posteriorly attaching to a depression on the lateral surface of the fibrous head. Here,
it is surrounded by, and partly attached to the tendon of the biceps femoris muscle.
On full extension, the lateral collateral ligament tightens and opposes varus (inward
angulation of the distal segment of the joint) forces and resists lateral rotation of
the tibia. The medial, or tibial, collateral ligament is attached to the underlying
fibrous membrane. Superiorly, it is anchored to the medial femoral epicondyle and
descends anteriorly, attaching to the medial margin and medial surface of the tibia.
This ligament is located above and behind the attachment of the sartorius, gracilis
and semitendinosus tendons, therefore gaining some protection. On full extension
of the knee, the medial collateral ligament tightens and opposes valgus (outward
angulation of the distal segment of the joint) forces and lateral rotation of the tibia.
2.3 Structure and Properties of Muscles, Tendons
and Ligaments
2.3.1 Muscles
The ball and socket design of the hip joint allows for a great range of motion.
This includes flexion and extension around a transverse axis; abduction and
adduction about an antero-posterior axis; medial and lateral rotation about a
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longitudinal axis; and the combined movement of circumduction. This depth
of movement can only be achieved due to a number of muscle groups that
cross the hip joint. These muscle groups support and stabilise the hip, as well
as providing the power for locomotion (Kingston, 1996; Lorenz and Campello, 2001).
Muscle is classified according to location, structure and nerve supply. There
are three types of muscle: skeletal, smooth and cardiac. Smooth and cardiac
muscles are involuntary (cannot be consciously controlled) whilst skeletal muscle
is voluntary (can be consciously controlled). The muscles attached to the femur
are under voluntary control, acting only if stimulated, and in almost all cases, act
in groups. These groups can be divided into the prime movers, which generate
movement; the antagonists, which relax when the prime movers are activated; and
the synergists, which increase the efficiency of movement by contracting in support
of the prime movers (Kingston, 1996; Lorenz and Campello, 2001).
In order to produce movement a muscle is attached to a bone. This is achieved
either by the muscle tapering to form a tendon, inserting itself into flat, tendinous
sheets known as aponeuroses, or, alternatively by muscles interlacing with each
other as raphes. The attachment point at one end of the muscle is known as ‘the
origin’. The point of attachment at the other end produces the actual movement
and is known as ‘the insertion’. The muscles, as detailed in the previous section,
group together according to the principal motions that they produce and control.
2.3.1.1 Structure of Muscle
Muscles are a collection of muscle fibre bundles. Each bundle has a number of
muscle fibres, each of equal length, that are arranged in parallel. Depending on
the fibres orientation to the tendon muscles, they are described either as parallel
fibre muscle (oriented in the direction of the tendon) or pennated muscle (oriented
at an acute angle to the tendon). About 80% of the volume of each muscle fibre
is composed of myofibrils which can be further broken down into sarcomeres. A
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diagrammatic representation of this is shown in Figure 2.7. A sarcomere contains
both actin and myosin filaments which are vital within the mechanism for force
generation, they also contain nebulin and titin which give stability and structure
(Jones et al., 2004).
Figure 2.7: A diagrammatic representation of the hierarchical structure of
muscle (Jones et al., 2004)
2.3.1.2 Mechanism of Force Generation
A diagram showing the structure of a sarcomere is shown in Figure 2.8. The (A)
band represents the region which contains myosin filaments which, in parts, overlap
with actin filaments. The (I) band represents the region where there are only actin
filaments. The (H) zone represents the area in the (A) band where there is no
overlap with the actin filaments.
When a muscle is excited, myosin filaments overlap with the actin filaments,
and the length of the (A) band remains the same whilst the (H) zone and (I) band
reduce in size. Each myosin filament contains a number of intertwined myosin
molecules which protrude from the filament. These protrusions connect to the actin
filaments forming ‘cross bridges’. Through cross-bridge energetics and the sliding
of filaments, the fibre can develop force, shorten and contract. This is known as
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Figure 2.8: A diagram showing the structure of a sarcomere (Jones et al.,
2004)
sliding filament theory and is related to active muscle. Muscle which has not been
neurally or electrically excited is known as passive muscle (Jones et al., 2004).
Within contraction dynamics there are two properties of muscle which must be
noted. The first is the way that force varies with the length of the muscle and
the second is the relationship between force development and velocity of movement
(Jones et al., 2004; Zajac, 1989). These will be further discussed in later sections.
2.3.1.3 Muscle Size and Force
Muscle contraction can be described as isometric or isokinetic. Isometric muscle
contraction occurs when, upon activation the muscle does not lengthen or shorten,
but it is held at a fixed length, whilst the force changes. Isokinetic muscle
contraction occurs when the force in the muscle remains the same but the length
of the muscle shortens or lengthens. When a muscle shortens it is known as a
concentric contraction: the force which the muscle is required to lift is less than the
optimal force the muscle can generate. When a muscle lengthens it is known as an
eccentric contraction: the force which the muscle is required to lift may be greater
than the force the muscle can generate (Jones et al., 2004).
23
The isometric force produced by a muscle is proportional to the physiological
cross-sectional area of the muscle. As defined by Brand et al. (1986), the
physiological cross-sectional area is the muscle volume divided by the averaged
muscle fibre length corresponding to peak muscle contractile force. This relationship
is shown in Equation 2.1.
PCSAM =
V olM
LMpeak
(2.1)
where:
PCSAM = Physiological cross-sectional area of the muscle
V olM = Volume of the muscle
LMpeak = Fibre length of the muscle at the peak muscle contractile force
2.3.1.4 Force-Length Relationship
From knowledge of sliding filament theory it is known that when active muscle
contracts thin actin filaments overlap with thick myosin filaments (Zajac, 1989).
If this theory is correct then force is proportional to the extent of overlap; this
can be estimated from the length of the sarcomere, and the length of the actin
and myosin filaments. Figure 2.9 shows a force-length curve defining the static
property of muscle. For active muscle this shows that at short sarcomere length the
force is low and then increases to an optimal muscle force at an optimal sarcomere
length. Beyond this length, as the muscle is stretched further the force decreases.
At the optimal muscle length passive muscle tissue develops a force as the length
of the muscle increases, and so too does the passive muscle force. The total force
generated in the muscle is the sum of the active and passive component (Zajac, 1989).
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Figure 2.9: A graph showing the force-length property of muscle (Zajac,
1989)
2.3.1.5 Force-Velocity Relationship
Maximum muscle force is a function of its shortening velocity (Zajac, 1989).
Figure 2.10 shows a graph of the force-velocity relationship for a fully activated
muscle, which represents the dynamic properties of muscle. As the velocity of
muscle shortening increases the force sustained by the muscle decreases, eventually
reaching a velocity at which no force can be sustained at all, this point is known as
‘the maximum velocity of shortening’. The force at ‘zero velocity of shortening’ is
the isometric force. When the velocity of muscle shortening is negative, the muscle
lengthens and the force produced increases up to a point of approximately 1.8 times
the optimal force. At this point, no matter how negative the velocity becomes the
force will no longer increase.
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Figure 2.10: A graph showing the force-velocity property of muscle (Zajac,
1989)
2.3.1.6 Muscle Models
The model most commonly used to represent the musculotendon unit is the Hill
type model. A simplified version of the model is shown in Figure 2.11. FMT ,
represents the force in the musculotendon unit. The muscle is represented by
a parallel-elastic element which models muscle passive stiffness (PM), and a
contractile element which models muscle active stiffness (AM). The force of the
active contractile element is dependent on the current muscle length LM , the
velocity of the muscle V M , and the muscle activation activation a(m). Activation
varies between zero and one, with complete muscle activation occurring at
a(m) = 1. The instantaneous length of the actuator is determined by the length of
the muscle LM , the length of the tendon LT , and the pennation angle of the muscle.
Finally, the passive tendon stiffness (PT) is represented by an elastic element.
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Figure 2.11: Schematic diagram of the adapted Hill type musculotendon
contraction model, adapted from Zajac (1989). FMT is the
force in the musculotendon unit, PT is the passive tendon
stiffness, AM is the active muscle contraction element, PM is
the passive muscle stiffness, V M , LM and a(m) are the muscle
velocity, length and activation respectively, LT and LMT are
the length of the tendon and musculotendon unit.
2.3.2 Tendons
Tendons are dense connective tissues known as parallel-fibred collagenous tissues.
Tendons connect muscle to bone and their function is to transmit tensile loads from
the muscle to the bone, therefore producing joint motion and maintaining body
posture. The tendons and muscles form the musculo-tendon unit, which acts as a
dynamic restraint. The tendon also allows the muscle belly to be at an optimal
27
distance from the joint on which it acts, without requiring an extended length of
muscle between origin and insertion (Nordin et al., 2001).
A tendon consists of a portion external to the muscle (external tendon) and a
portion internal to muscle (the aponeurosis of the muscle). When specifying the
material properties of tendon, various assumptions are made and these have been
reported by Zajac and Gordon (1989) as follows. Tendon strain, T , is defined by
the amount of tendon stretch relative to its resting, or slack length. It is reported
that the internal and external tendon experience the same strain, T . It is also
commonly assumed that material properties of internal and external tendon are
the same. For all parts of the tendon to experience the same strain, they must all
experience the same stress. For this to be achieved the cross-section of the internal
tendon must increase with proximity to the external tendon, meaning internal
tendon force increases with proximity to the external tendon. Assuming these
assumptions to be true then the aponeurosis, to which muscle fibres attach, would
stretch by the same amount and all muscle fibres would change length by the same
amount.
Based on the material properties of tendon, a nominal, tendon-independent
stress-strain relationship can be assumed. A simplified linear version is shown
in Figure 2.12. Failure usually occurs at about 10% strain, or 100 MPa.
Using this stress-strain relationship, and a further assumption that the strain
in tendon (To ), when its force equals peak isometric muscle force (F
T
o ), is
musculotendon-independent, a generic force-strain curve can be derived to model
tendons with unknown force-length curves (Zajac and Gordon, 1989). A linear
generic force-strain curve is shown in Figure 2.13.
According to Zajac and Gordon (1989), an appropriate nominal value for
isometric tendon strain, To , is 3.3%, corresponding to a nominal value for isometric
tendon stress, σTo , of 32 MPa. This is shown in Figures 2.12 and 2.13. Since the
highest force expected in tendon is 1.3 to 1.8FMo , and tendon is known to fail at
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about 112 MPa and 10% strain, these values for σTo and 
T
o give a safety factor of
1.9 to 2.7 times for tendon failure. Using the safety factor information and the
relationship defined in the generic force-strain graph, this would lead tendon to fail
at a force of around 3.5 times its maximum force, 3.5FMo .
0.10
112
ε
ε
T
T
o
=0.033
σ
σ
T
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T
o=32
Figure 2.12: Tendon nominal stress-strain curve adapted from Zajac (1989).
T is the tendon strain and σT is the tendon stress.
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Figure 2.13: Tendon generic dimensionless force-strain curve, which is also
the normalised stress-strain curve adapted from Zajac (1989).
T is the tendon strain, σ˜T is the normalised tendon stress, and
F˜ T the force in the tendon relative to its maximum force.
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2.3.3 Ligaments
Ligaments are fibrous connective tissue that connect bone to bone. They are
composed of dense, regular connective tissue. They contain more elastin than
tendons and are therefore more elastic. Ligaments provide stability for the joint
they surround (Nordin et al., 2001).
2.4 Joint Loading
The gait cycle describes the movement of the body from the point of initial contact
of one foot with the ground to the point at which the same foot contacts the ground
again. There are two phases during the gait cycle. These are the stance phase, which
accounts for approximately 65% of the gait cycle, where the foot is in contact with
the ground; and the swing phase which makes up the remaining 35%. The stance
phase consists of five parts - these are heel strike, flat foot, heel rise, push-off and
toe-off. The swing phase is divided into acceleration, toe clearance and deceleration.
The joint loading in the hip and the knee alter during different phases of gait.
Sections 2.4.1 and 2.4.2 detail methods of predicting the forces in the joints during
the gait cycle.
2.4.1 Hip Joint Loading
Brand et al. (1982) were one of the first groups to conduct a study to determine
the three dimensional origin and insertion coordinates for all muscles crossing the
hip, knee and ankle. Three fresh cadaver specimens were used. Each was sectioned,
and skin subcutaneous tissues, large neurovascular structures and fascia were
removed. All muscles were dissected and removed, and the origins marked with
radiographically visible markers. The specimens were then X-rayed and the boney
landmarks, muscle insertions and origins were digitised. Later, Brand et al. (1986)
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conducted a study using nonlinear optimisation techniques to predict 47 muscle
forces and hip contact forces in a living subject. The embalmed lower limbs of two
cadavers were used. The length, angle of pennation, and volume of the muscles and
muscle fibres were measured. A two-part solution was then used to calculate the
muscle and joint forces. The first part consisted of an ‘inverse dynamics problem’
whereby body segment inertial properties, segment accelerations and foot-floor
reactions were found. These were then input into Newtonian equations of motion,
yielding intersegment resultant forces and moments. The second part used an
optimisation technique based on the criterion that the greater the contraction
force the less time the muscle will be able to maintain the force. Duda et al.
(1996) conducted a similar study to Brand et al. (1982) to determine the amount
of variation in volume, attachment size and location of femoral muscles. They
found that their muscle attachment locations compared well to the work of Brand
et al. (1982), with a few exceptions. From these results they produced a modified
updated version of muscle attachment areas.
Many authors (Polgar et al., 2003; Duda et al., 1997, 1998; Cristofolini et al.,
1998; Stolk et al., 2002; Bitsakos et al., 2005; Little et al., 2007) have since used
the muscle attachment data, force magnitudes and orientations derived by Brand
et al. (1982, 1986) and Duda et al. (1996).
Bergmann et al. (2001) measured in vivo hip joint forces in four patients,
using instrumented implants which used telemetry to transfer force and angle
information to a data acquisition system ex vivo. The implant data was combined
with synchronous gait pattern and ground reaction force data. The results were
then averaged over the four patients to give an overall picture of mechanical loading
and the function of the hip joint and proximal femur. This data was published as
an open data interactive programme available on a CD ROM, HIP98 (Bergmann,
1998). Also, in 2001 Heller et al. (2001a) conducted a study to quantitatively
validate the loading conditions at the proximal femur, as predicted by a linear
inverse dynamics musculo-skeletal model. CT and X-ray data from the same four
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patients was use to develop models of the lower extremity. Muscle and joint contact
forces were then calculated using an inverse dynamics optimisation algorithm.
As an alternative to the muscle and joint data produced by Brand et al. (1982,
1986) and Duda et al. (1996), many authors now use the in vivo hip joint reaction
force data produced by Bergmann et al. (2001); Bergmann (1998), and muscle forces
predicted by Heller et al. (2001a). This includes Speirs et al. (2007), Taylor and
Prendergast (1997), Simoes et al. (2000), Cristofolini et al. (2007) and Britton et al.
(2003).
2.4.2 Knee Joint Loading
Morrison (1969) conducted a study to find the forces acting at the human knee joint.
This was achieved using three methods. The first was to measure the force between
the ground and the foot using a force plate; the second was to use markers placed
at the mean joint centres on the skin, and cine cameras to measure the position
of the joints during the gait cycle; and the third was to use electromyography to
measure muscle activity. Figure 2.14 shows a graph of the joint force in the knee for
a single subject walking on level ground. Points a, b and c represent peak loads in
the joint force cycle. These occur immediately following heel strike corresponding
to force action of the hamstrings; shortly before midstance, corresponding to force
action in the quadriceps femoris muscle group; and at toe off, corresponding to
force action of gastrocnemius.
During level walking the maximum joint force (for a male) in the knee was
approximately 3.4 times body weight; during activities walking up stairs or up
a ramp this rose to as high as 5.97 times body weight. The muscle forces in
the quadriceps femoris, hamstrings and gastrocnemius were predicted and it was
shown that during level walking the maximum muscle force was in the hamstring,
reaching 1735 N (2.5 x BW). When walking up a ramp the gastrocnemius muscles
were subjected to the highest force, whereas when walking down a ramp, up the
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Figure 2.14: A graph showing the knee joint force at level walking
(Morrison, 1969)
stairs or down the stairs the quadriceps underwent the highest force. Finally, the
electromypgraph showed which muscles were active at certain points of the gait cycle.
More recently, D’Lima et al. (2005) conducted an in vivo study measuring the
tibial forces, in an 66 kg man, during the first year after total knee arthroplasty.
The tibial prosthesis was instrumented with force transducers, a power induction
coil, a microtransmitter, and an antenna. The total axial load and the location
of the centre of pressure were measured during activities of daily living. During
laboratory data collection, ground reaction forces were also monitored and
synchronised with the tibial force data. The results showed that the peak tibial
forces during gait increased substantially over the first 3 weeks, following the
operation, and then more gradually during the rest of the year. At the 1-year
followup, peak tibial forces, during gait, averaged 2.8 times body weight. This
peak force correlates with the range predicted by Morrison (1969), of 2-4 times
body weight. Additionally, it is likely that the peak forces would continue to rise,
with longer follow up, as shown in the study conducted by Taylor and Walker (2001).
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A further consideration, when examining knee joint loading, is the asymmetric
loading between the medial and lateral compartments. Zhao et al. (2007) reported
the in vivo implant motion and total axial load data for a 68 kg male patient eight
months after surgery, experienced by a well-aligned knee implant. In vivo tibial force
data were recorded simultaneously with fluoroscopic motion analysis data during
treadmill gait, step up/down, kneel and lunge activities. Based on the measured
kinematics, an elastic foundation contact model was constructed to calculate the
medial and lateral contact forces. The medial to lateral split varied slightly between
activities from 53.4:46.6 for gait to 57.7:42.3 for lunging. Overall, the load split
remained reasonably constant, and Zhao et al. (2007) concluded that assuming
a load split of 55% medial-45% lateral, would be appropriate during loading activity.
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Chapter 3
Finite Element Modelling
3.1 Introduction
There are many different pre-clinical methods of assessing the behaviour of the
femur, the hip and the knee joint. These include: computational methods such as
finite element analysis (FEA); laboratory bench tests such as dynamic simulators
or static loading platforms; and finally, animal experimental models (Huiskes,
1993). Attempts, to date, to model the femur through both computational and
experimental methods have not modelled the femur as a complete musculoskeletal
construct. The complete musculoskeletal construct includes the full geometry of
the femur and the role of both muscles and ligaments, crossing the hip and knee
joints.
The aim of this chapter is to construct, evaluate and compare a series of fixed
boundary condition finite element models of the femur, with the inclusion of varying
levels of muscular forces. This work will later be compared to a free boundary
condition model of the femur, and a sensitivity study will be carried out to evaluate
some of the assumptions made within the modelling process.
3.2 Finite Element Modelling
The finite element method (FEM) is an advanced computer technique of structural
stress analysis, developed in engineering mechanics. It was first introduced
to orthopaedic biomechanics in 1972 to evaluate stresses in human bones, by
Brekelmans et al. (1972), who wrote a paper entitled ‘New Method to Analyse
the Mechanical Behaviour of Skeletal Parts’. In the last 35 to 40 years FEM, has
become increasingly popular as a method of evaluating new and modified designs
of joint prostheses and fixation devices (Stolk et al., 2002).
The finite element method can be subdivided into five steps, these are as follows:
1. Define the geometry of the specimen.
2. Discretise the geometry: this is the process of dividing the geometry into
a number of blocks (elements). At specific locations, called nodal points
or nodes, the elements are interconnected, forming a mesh representing the
shape of the structure. Nodes are the points at which an FEM analysis solves
for the unknowns or dependent variables.
Elements may have linear or non-linear shape functions associated with them.
In general solid elements associated with linear shape functions connect one
node to another via a straight edge; while solid elements associated with
quadratic shape functions have an extra node on each edge allowing a curve
to form. Within the finite element method there are many different element
types.
3. Define the material properties: every element is assigned one or more
parameters which are representative of its material properties.
4. Define the boundary and loading conditions: these are numerically defined as
displacements and forces at boundary nodes.
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For each element:
• Define a shape function: this is an interpolation function which allows
the determination of the dependent variable from the discrete nodal
values. As an example, the shape function could be an approximate
equation relating displacement at a general point within an element to
displacement at its nodes.
φ = NiΦi +NjΦj
where the nodes are denoted by i and j and the nodal values by Φi and
Φj. φ is a parameter which varies between the two nodes and N is the
shape function.
Each shape function has a value of one at its own node and zero at the
other node, therefore the two shape functions sum to one.
• Define a set of discrete parameters, ua, known as the system parameters.
These simultaneously describe the behaviour of each element, e, and the
behaviour of the whole system.
• Define a set of quantities, qea, in terms of the system parameters, ua. For
a linear case the general function relationship is:
qea = K
e
a1u1 +K
e
a2u2 + ...+ f
e
a
where Kea is the stiffness matrix for element e at node a, and f
e
a is the
force on node a associated with element e.
• Define the final system equations : the system stiffness matrix can
be assembled based on the nodal connectivity, through summing the
element contributions at each node. This results in a system of equations
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K
¯
u
¯
+ f
¯
= 0
Where K
¯
is the system stiffness matrix, u
¯
is the system nodal
displacement matrix and f
¯
is the system nodal force matrix.
Using this a global stiffness matrix can be assembled. This is based on
the element stiffness matrix and the nodal connectivity.
5. Solve the equations to find the system variables. Using the element’s nodal
displacement and material property assumptions stress and strain at any
point within an element can be calculated. The computer program evaluates
the stiffness characteristics of each element and the mutual forces and
displacements in each node (Huiskes and Chao, 1983). Further information
on the finite element method can be found in the book, ‘The finite element
method. It’s basis and fundamentals’, by Zienkiewicz et al. (2005).
Based on information about the shapes and dimensions of bones and implants,
elastic properties of the materials, bonding conditions of the implants and external
loads, a finite element model can be developed which predicts the stresses and
strains in the loaded hip (Huiskes, 1993). As such, finite element analysis has the
advantage of being able to access how the natural femur behaves, as well as testing
new implants during the design stage, even before producing the prototype of
the device. It also enables the evaluation of stresses and strains generated within
the bone, or at interfaces between bone and orthopaedic components, which are
difficult to measure experimentally (Gray et al., 2008). This means that badly
performing designs can be eliminated during the finite element method testing phase.
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3.3 Literature Review
Most authors, when examining the hip joint, have imposed fixed boundary
conditions either at the mid-diaphysis (Polgar et al., 2003), distal-diaphysis
(Bitsakos et al., 2005; Stolk et al., 2002; Taylor and Prendergast, 1997; Taddei
et al., 2006; Kerner et al., 1999; Little et al., 2007; Duda et al., 1998) or femoral
condyles (Kleeman et al., 2003; Polgar et al., 2003; Ramos and Simoes, 2006). This
is usually achieved by constraining motion in six degrees of freedom at a number
of points on the surface of the femur. Speirs et al. (2007) questioned the validity
of these constraints, stating that mid-diaphysis and distal condyle constraints were
not physiological, since both methods leave the head unconstrained, therefore not
simulating the acetabulum.
Speirs et al. (2007) went on to conduct a study examining the influence of
various commonly used boundary conditions and proposed a physiologically based
constraint configuration. To approximate physiological constraints at the knee and
hip, a node at the knee centre was constrained in three translational degrees of
freedom. The node at the location of hip contact was constrained in two degrees
of freedom such that this node could only displace along an axis towards the knee
centre. The sixth degree of freedom was constrained at a node on the distal lateral
epicondyle to prevent anterior-posterior motion, thereby inhibiting any rigid body
rotation of the model around the hip-knee axis. It was concluded that the selection
of boundary condition had a significant influence on the cortical strains, both in
magnitude and loading mode, due to a variation in head deflection. The author
stated that the physiologically constrained model was the only one to produce
physiological deflections, and therefore it is expected that the strains in this model
most closely reflect physiological strain levels throughout the femur. However, it is
questionable whether constraining the bone in this manner, forcing it to move along
an axis from the hip centre to knee centre, is in fact physiological, and therefore
improvements to this model can be made.
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Phillips et al. (2007) conducted a study examining the effect of free and fixed
boundary condition constraints on the pelvis. They suggest that constraining the
pelvis in a non-physiological manner leads to significantly altered displacement
patterns and stresses, and that free boundary condition models are more
representative of the in vivo environment. Phillips (2009) later conducted a similar
study on the femur, this time comparing a linear and non-linear approach to the free
boundary method. No comparison was drawn between a fixed and a free boundary
condition model. However, the free boundary condition model was claimed to have
a more physiological displacement.
In addition to the boundary condition constraints, the loads applied to the
femur are often simplified. Some studies include only the hip contact and abductor
forces (Lengsfeld et al., 2005; Stolk et al., 2002; Taddei et al., 2006; Kerner et al.,
1999), whereas other studies are extended to included one or all of the vastus
lateralis, tensor fasciae latae, and iliopsoas (Ramos and Simoes, 2006; Bitsakos
et al., 2005; Taylor and Prendergast, 1997). However within the last decade it has
become more common to include all muscle forces acting on the femur (Kleeman
et al., 2003; Little et al., 2007).
Several studies have been conducted to examine the effect of including complete
muscle sets (Polgar et al., 2003; Stolk et al., 2001, 2002; Duda et al., 1998; Simoes
et al., 2000; Speirs et al., 2007). Duda et al. (1998) examined the influence of
muscle forces on femoral strain distribution, comparing models with all thigh
muscles and joint contact forces to models with a reduced set of loads. It has been
shown that including a complete set of muscle forces produces a more uniform
strain profile over the length of the femur. It was noted, however, that the area
of the bone that was being examined dictated which muscle groups should be
included. For instance, modelling processes distal to the lesser trochanter need
only consider abductors, iliotibial band, adductors and hip contact (Stolk et al.,
2001; Duda et al., 1998). Modelling processes in the diaphyseal part should further
include the Vasti, and processes in the distal part should account for the role of
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the gastrocnemi (Duda et al., 1998). Polgar et al. (2003) conducted a similar study
and found that simplified loading regimes resulted in unrealistic displacement of
the femoral head and high strain magnitudes, exceeding the physiological range.
However, the elements of the study that consider the physiological load case showed
good agreement with strain values and femoral head displacement, measured in
vivo in humans (Aamodt et al., 1997). To the author’s knowledge, only the study
conducted by Phillips (2009) has included the effect of ligamentous forces.
A further consideration, when applying muscle forces, is whether the force should
be modelled as distributed over the entire muscle insertion area or concentrated
at the centroid of the insertion. Polgar et al. (2003) investigated this point and
found that when muscles with large attachment areas were included in the model,
stress and strain distributions were affected. However, applying the muscle forces
as concentrated loads at the centroids of the attachment areas provided a good
indication of the physiological stress and strain levels, provided the results from
nodes and elements in the vicinity of the application nodes were discarded.
3.4 Basic Model
The aim of this chapter is to evaluate the effect of boundary conditions and muscle
loading on a fixed boundary condition femur, and to to construct a free boundary
condition femur. For all models the same basic model will be used. This includes
the geometry, material properties and mesh.
3.4.1 Geometry
The first stage of constructing a finite element model is to create a geometric entity.
For this study the chosen specimen needed to be selected such that it could be
used for finite element, structural and experimental modelling. When conducting
a finite element subject-specific study, the geometry is usually obtained from a set
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of computerised tomography (CT) data, derived from the scanned bone. The CT
data gives greyscale image slices through bone at known intervals; these can then
be converted into a contour geometry or voxel mesh (Kerner et al., 1999; Bitsakos
et al., 2005; Taylor and Prendergast, 1997; Kleeman et al., 2003; Lengsfeld et al.,
2005; Little et al., 2007). However sometimes it is sufficient to model only one
generic anatomy when investigating a specific biomechanical problem (Viceconti
et al., 2003a). Commonly, in this case for finite element models, the standardised
femur (Viceconti et al., 2003b), a 3D solid model derived from a CT scan data set
of a commercially available human femur replica (item 3103, Sawbones, Pacific
Research Laboratories Inc., Sweden), has been widely used (Speirs et al., 2007;
Polgar et al., 2003; Simoes et al., 2000; Stolk et al., 2002).
Prior to 1987, when conducting experimental tests on the femur, human
cadaveric femurs were the only choice. Cadaveric femurs are still used (Cristofolini
et al., 2006, 2007; Lengsfeld et al., 1998), but the use of a composite substitute
is becoming increasingly popular (Britton et al., 2003; Szivek et al., 2000; Stolk
et al., 2002; Simoes et al., 2000; Maher and Prendergast, 2002; Cristofolini et al.,
1998; Completo et al., 2007). The disadvantage of cadaveric specimens it that there
is a wide variability, both mechanically and geometrically, from one specimen to
another, and therefore problems arise when repeatability and reproducibility are
required. In the light of these problems, in 1987 Pacific Research Labs (Vashon
Island, WA, USA) released the first commercially available composite model in an
attempt to achieve repeatability and reproducibility not just experimentally, but
also on an inter-laboratory level.
Many authors have acknowledged the advantages of using composite femurs.
Cristofolini et al. (1996) conducted an extensive study to evaluate the geometrical
and mechanical characteristics of whole bone composite femur models. The results
showed that the composite femurs fell well within the range of those of cadaveric
specimens, with the same geometry, visco-elastic properties and their overall
stiffness being comparable to human specimens. It was noted that the inter-femur
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variability for the composite femurs was 20–200 times lower than that for the
cadaveric specimens, minimising inter-specimen variability. Additionally, composite
femurs are readily available, have no special handling requirements and do not
degrade. Within the last decade a new design of composite replicate femur has
been produced.
The original design of the composite femur modelled the cortical bone with
carbon reinforced epoxy encasing a polyurethane foam core representing the
trabecular bone. This design has since been updated giving rise to the fourth
generation of composite bone. The new design has a cortical bone analog, consisting
of short-glass-fibre-reinforced (SGFR) epoxy resin pressure injected around a foam
core. Additionally, mid-shaft, a cylindrical void representing the intramedullary
canal has been added. Heiner and Brown (2001) examined the structural properties
of the third-generation design versus the older generations in bending, axial
and torsional loading tests. They noted that the composite femurs reasonably
approximated the structural stiffness of human bones. The advantages of the new
design, they concluded, were that it offered the possibility of improved uniformity
of mechanical properties within a composite bone, allowed for greater anatomic
detail to be included, and had a simpler fabrication process.
Due to the slight differences between shape of the adopted composite femur
and the standardised femur, the geometry of a medium left fourth-generation
composite femur was obtained from Sawbones inc. (Item 3403, Sawbones, Pacific
Research Laboratories Inc., Sweden) and was CT scanned at intervals of 0.75 mm
(Sensation 16, Siemens Plc, Munich, Germany). This follows the method usually
employed for subject-specific modelling. This CT data was then converted into
contour geometry using commercial software, Mimics (version 12.11, Materialise
NV, Leuven, Belgium). The advantage of using the CT of a composite femur is that
the results can be directly compared to an in vitro experimental analysis conducted
using the same bone.
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In summary, the geometry of a medium left fourth-generation composite femur
was chosen (Item 3403, Sawbones, Pacific Research Laboratories Inc., Sweden).
This femur was selected to ensure an exact match up of geometry between the finite
element, beam theory and experimental models. The chosen femur also ensured
reduced inter-specimen variability across experiments.
3.4.2 Material Properties
Depending on the nature of the study, the bone is either assigned homogeneous
(similar throughout) or inhomogeneous (changing throughout) material properties.
Although it is known that bone is not homogeneous, particularly the trabecular
part (Ramos and Simoes, 2006), many authors continue to assign homogeneous
material properties. However, due to the large degree of difference in structure
between cortical and trabecular bone it is common to differentiate between the
two (Speirs et al., 2007; Taylor and Prendergast, 1997; Polgar et al., 2003; Duda
et al., 1998; Simoes et al., 2000). Authors who assign inhomogeneous material
properties usually do so when conducting subject-specific finite element studies on
cadaveric samples and achieve this using CT data and a set procedure (Taddei
et al., 2006). It is reported that models which have been assigned inhomogenous
material properties predict a measured stress field with a higher degree of accuracy
than models which were assigned homogenous material properties (Taddei et al.,
2006).
In this study, both the cortical bone and the trabecular bone were modelled as
linear elastic and isotropic. The material distribution was modelled as homogeneous
throughout the femur. Although using these conditions represents a simplified
material model, many authors have considered the assumptions appropriate for
initial comparative studies (Stolk et al., 2002; Duda et al., 1996; Kleeman et al.,
2003).
44
The fourth-generation composite bone represents cortical bone using a mixture
of short glass fibres and epoxy resin, pressure-injected around a solid, rigid
polydeurethane foam core, representing trabecular bone. The mid-shaft area has
an intermedullary canal. The material properties that were used are shown in
Table 4.1. These were taken from Pacific Research Laboratories (Pacific Research
Laboratories Inc., Sweden) and Heiner (2008).
Table 3.1: Material properties of fourth-generation composite bone (Heiner,
2008)
Bone Young’s modulus (GPa) Poisson’s Ratio
Cortical 16.7 0.3
Trabecular 0.155 0.3
3.4.3 Mesh
Typically, when meshing the femur it is possible to use either linear or quadratic,
tetrahedral or hexahedral elements. These are linear 4-noded tetrahedral elements
(first-oder), quadratic 10-noded tetrahedral elements (second-order), linear 8-noded
hexahedral elements (first-order) and quadratic 20-noded hexahedral elements
(second-order), respectively. Tetrahedral elements are widely used due to their
ability to mesh almost any solid, regardless of complexity. First order tetrahedral
elements use linear displacement functions; this results in the strains being constant
throughout the element which can result in poor representation of shear behaviour
whereas second order tetrahedral elements use parabolic displacement functions and
have four Gaussian integration points. This allows for more accurate representation
of the strain field within the element (Abaqus, 2004).
Ramos and Simoes (2006) and Viceconti et al. (1998) conducted studies to
evaluate and compare the effects of the different element types. Ramos and Simoes
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(2006) constructed models of the proximal femur using first order tetrahedral
elements ranging from 14832 to 87390 degrees of freedom (dof), second order
tetrahedral elements ranging from 99763 to 635724 dof, first order hexahedral
elements ranging from 4050 to 17847 dof, and second order hexahedral elements
ranging from 15570 to 70152 dof. Hip joint and muscle forces at the proximal
femur were applied using data from Stolk et al. (2002) and Bergmann (1998). This
loading configuration was selected since it represented the most strenuous phase
of walking, and was proposed by Bergmann et al. (2001) and Heller et al. (2001b)
to be the most appropriate for mechanical testing of hip replacements. The study
found that using sufficient numbers of any type of element the results did not
differ greatly. They concluded that using second order tetrahedral elements did not
produce results significantly different from those produced using first order elements.
However, Viceconti et al. (1998) conducted a study using only the cortex of the
standardised femur model. This was meshed using first order linear solid tetrahedral
elements ranging from 6930 to 168486 dof and second order tetrahedral elements
ranging from 41751 to 196908 dof. Two load cases were applied representing torsion
and bending, respectively. The results showed that the time taken to solve the
analysis using the first order tetrahedral mesh took up to 2.08 times longer to
converge than the solution for a second order tetrahedral mesh with a similar dof.
Additionally the calculated displacement results suggested that the error present
in the solution converges to a higher value for the first order tetrahedral mesh.
Viceconti concluded that first order tetrahedral element types are not reliable or
accurate enough for simulating clinical problems where high precision and accuracy
are important, and therefore should be avoided.
In order to ensure an accurate mesh was used in the main finite element studies,
an initial mesh sensitivity was carried out.
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3.4.3.1 Mesh Sensitivity Study
A mesh sensitivity study was conducted examining the accuracy of different mesh
densities of 4-noded and 10-noded tetrahedral elements. Eight models of each
element type were used.
Materialise software Mimics (version 12.11, Materialise NV, Leuven, Belgium)
was used to to generate three dimensional 4-node tetrahedral meshes of both the
cortical and trabecular bone. Using the same software these elements were then
converted into 10-node tetrahedral elements. By converting the 4-node elements
directly to the 10-node elements the mid-side nodes located at the surfaces remained
on the original 4-node element edges. This meant that the conversion from 4-node
to 10-node did not improve the geometric fit, but simply introduced the parabolic
shape functions.
For each element type, eight models were constructed. For the 4-node
tetrahedral elements this included models D to K and for the 10-node tetrahedral
elements this included models A to H. The details of these models can be seen
in Table 3.2. Models D to H of the two element types, 4-node and 10-node, can
be directly compared since they have the same number of elements in each case.
Models A-C and I-K cannot be directly compared as they either have too few or
too many elements for the model to be accurate, or to run in a reasonable time,
respectively.
The origin for each model was set at the centroid of the femoral posterior
cruciate ligament insertion. The z-axis was set to point towards the most proximal
point on the greater trochanter, the x-axis was perpendicular to a line through the
most lateral and most medial point on the condyles and was oriented anteriorly,
and the resulting y-axis was oriented laterally (Duda et al., 1997, 1998), this is
shown in Figure 3.1.
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Table 3.2: Number of elements and degrees of freedom using tetrahedral
4-node and tetrahedral 10-node elements
Model A B C D E F
Number of
elements
14572 43799 75191 121490 225410 336631
No. of dof
(4-node
element)
- - - 112761 201492 295674
No. of dof
(10-node
element)
84117 252801 425424 695703 1260153 1860999
Model G H I J K
Number of
elements
442421 527390 656898 968540 1428567
No. of dof
(4-node
element)
382185 453903 564459 822525 1210851
No. of dof
(10-node
element)
2420736 2877972 - - -
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Figure 3.1: The axis system used in the fixed boundary condition finite
element models
For each model the femur was assigned the material properties stated in Section
3.4.2 and was constrained at the same three equally-spaced points on the distal
diaphysis of the cortex. This is illustrated in Figure 3.2. The points were fully
constrained. Tied conditions were applied between the inner cortical surface and
the outer trabecular surface.
The femur was then loaded with a simplified loading regime, applying only a
hip joint reaction force at a single node on the surface of the femur which acted
through the centre of the femoral head. The hip joint contact force was taken from
data produced by Duda et al. (1998) using an assumed body weight of 860 N. Duda
et al. (1998) had derived a full set of muscle attachment data, force magnitudes
and orientations from Brand et al. (1982, 1986) and Duda et al. (1996). The data
presents four instances of the walking gait cycle, and in this study the instance at
which the greatest hip joint contact force occurred was used. This corresponded to
a force of −466.35 N in the x direction, 962.62 N in the y direction and −1911.22 N
in the z direction.
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Figure 3.2: An illustration of the boundary conditions set at the distal
diaphysis
3.4.3.2 Mesh Sensitivity Results and Discussion
Figures 3.3, 3.4, 3.5 and 3.6 show the results for the mesh sensitivity study. There
are two different types of element: first order tetrahedral elements and second order
tetrahedral elements. The femur was fully constrained at three points distal to the
reference on the surface of the cortex.
Figure 3.3 shows the displacement at a node on the femoral head, and Figures
3.4 and 3.5 show the maximum and minimum principal strain, respectively, at a
node on the femoral head. This point was taken at a significant distance from the
loading point, such that it was not effected by the loading criteria. All graphs
demonstrate that, given sufficient numbers of first order or second order tetrahedral
elements and sufficient degrees of freedom, the results converge at approximately
the same value.
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Figure 3.3: Displacement of the femoral head
Figure 3.4: Maximum principal strain at a node on the femoral head
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Figure 3.5: Minimum principal strain at a node on the femoral head
Figure 3.6 shows the central processing unit (CPU) time required to run each
of the models. The graph demonstrates that with increasing mesh density and
degrees of freedom of the models a larger amount of time is required to complete
the analysis. There appears to be no significant difference in time using first order
or second order tetrahedral elements for models with comparable degrees of freedom.
52
Figure 3.6: Mesh sensitivity CPU time
3.4.3.3 Mesh Sensitivity Conclusion
The results from the mesh sensitivity study showed there was no significant difference
when using first or second order tetrahedral elements with a sufficient number of
elements of each. Since it is known that using first order tetrahedral elements can
result in poor representation of shear behaviour, whereas second order tetrahedral
elements allow for more accurate representation of the strain field within the element
(Abaqus, 2004), it was decided that for all further studies the model would be
meshed using second order, 10-node tetrahedral elements with a total number of
121490 elements, 231901 nodes. In the cortical portion there were 72456 elements
and 140892 nodes, and in the trabecular portion there were 49034 elements and
91009 nodes.
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3.5 Fixed Boundary Condition
As stated in Section 3.3, previous models of the femur have applied fixed boundary
conditions at varying levels along the length of the femur: at mid-diaphysis, distal
diaphysis and on the condyles. Many models have also included simplified loading
regimes not representing all the muscles that act on the femur. Therefore the two
aims of this section are to compare the effect of different levels of boundary condition
applications along the femur and to compare the effect of different loading conditions.
3.5.1 Method
All models had the geometry, material properties and mesh stated in Sections
3.4.1, 3.4.2 and 3.4.3.3 respectively. These were the geometry taken from a
fourth-generation composite femur, Young’s modulus for the cortical and trabecular
bone of 16.7 GPa and 0.155 GPa, respectively, and were meshed using second
order, 10-node tetrahedral elements with a total number of 72456 cortical elements,
140892 nodes and 49034 trabecular elements, 91009 nodes. The origin was set at
the centroid of the femoral posterior cruciate ligament insertion. The z-axis was
set to point towards the most proximal point on the greater trochanter, the x-axis
was perpendicular to a line through the most lateral and most medial point on the
condyles and was oriented anteriorly, and the resulting y-axis was oriented laterally
(Duda et al., 1997, 1998). This is shown in Figure 3.1.
To compare the effect of different levels of boundary conditions along the femur,
three models were constructed. One model was constrained at the mid-diaphysis,
one at the distal-diaphysis and one on the distal condyles. Full displacement
constraints at three nodes on the surface of the cortex, in the three regions of the
femur, were applied to each model. An illustration of these boundary conditions is
shown in Figure 3.7. The muscle insertion sites were defined on the basis of data
taken from Dostal and Andrews (1981) and Duda (1996). Since the data for these
points were calculated on different femurs to the one used in this study, the points
were first plotted as stated, on and around the femur, and then were adjusted,
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where necessary, to a corrected position according to an anatomy text book (Gray,
2005). A simple loading regime was applied, using data produced by Heller et al.
(2001b). This data was calculated using a validated musculoskeletal model of the
lower limb. The muscle and joint contact forces at 45% gait cycle was used; these
correspond to the frame in which the highest calculated hip joint contact force
occurred. From this data the hip contact force and force of the abductors were
selected and applied to the three models. The forces are shown in Table 3.3, Case A.
Mid-diaphysis
Distal-diaphysis
Distal-condyles
Figure 3.7: An illustration of the boundary conditions set for the fixed
boundary condition models
To compare the effect of different loading conditions, five different models with
an increasing complexity were constructed. The muscle and joint reaction forces
were again taken from the data produced by Heller et al. (2001b), and requested
from Duda et al. (1998), at 45% gait cycle. Five load cases were considered with
increasing complexity. Case A considered the hip contact force, abductors and
iliotibial band only; Case B additionally included the adductor forces; Case C the
vasti forces; Case D the gastrocnemi; and Case E, all muscles forces acting on the
femur. Details of these load cases can be seen in Table 3.3.
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Finally, the most complex case (Case E) which included all muscle forces and
the hip joint contact force, was compared to a model which was based on the
method developed by Speirs et al. (2007). To date Speirs et al. (2007) model has
been considered one of the most physiological models available. In this model a
unique boundary condition constraint was set where one node was constrained at
the knee centre in three translational degrees of freedom, one node on the distal
lateral epicondyle was constrained to prevent anterior posterior motion, and a final
constraint was set between the centre of the femoral head and the knee centre such
that the femoral head could only deflect along this line. The model was then loaded
with a full complement of muscles and the hip joint reaction force.
For each model Matlab was used to extract principal strain plots, reaction force
and femoral head displacement data, following analysis using the Abaqus standard
solver.
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Table 3.3: Muscle and joint reaction forces applied to the fixed boundary
condition model (Duda et al., 1998)
Case Force x (N) y (N) z (N)
A Hip contact force -466.34 962.62 -1911.22
Gluteus maximus 1 35.10 -87.87 90.95
Gluteus maximus 2 0.08 -57.73 70.32
Gluteus medius 1, 2, 3 111.23 -179.68 221.40
Gluteus minimus 1, 2, 3 186.22 -193.69 92.98
Tensor fasciae latae 51.42 -40.70 -40.04
B Above (A) plus:
Pectineus 1.30 -1.01 1.12
Adductor longus 1.86 -1.90 2.81
C Above (A+B) plus:
Vastus medialis 2.93 0.18 -8.09
Vastus intermedius 9.13 5.01 -62.06
Vastus lateralis 69.58 -25.73 -215.72
D Above (A+B+C) plus:
Gastrocnemius lateralis -292.75 -37.74 -247.83
Gastrocnemius medialis -5.71 0.04 -4.77
E Above (A+B+C+D) plus:
Piriformis 5.35 -77.90 67.03
Obturator internus,
gemellus superior & inferior
7.07 -35.18 37.20
Biceps femoris, caput breve -15.09 11.31 -90.02
Psoas major, iliacus 115.25 -62.89 114.51
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3.5.2 Results
The results have been split into three sections 3.5.2.1, 3.5.2.2 and 3.5.2.3, showing
the effect of varying boundary conditions, muscle loading, and a comparison to
a physiological model which was based on the model by Speirs et al. (2007),
respectively.
3.5.2.1 Effect of Boundary Condition
Table 3.4 details the displacement at the femoral head, for the three models
with varying boundary condition constraints. Ux, Uy and Uz refer to the overall
displacement in the global coordinate system, U is the resulting magnitude of
the overall displacement and UAx refers to displacement with reference to an
axis set between the centre of the femoral head and the centre of the femoral
condyles. These were at the mid-diaphysis, distal-diaphysis and the condyles.
The models were loaded with a simplified loading regime shown in Table 3.3 Case A.
Table 3.4: Displacement at the femoral head for the three different
boundary condition constraints, mid-diaphysis, distal-diaphysis
and condyles.
Model Ux (mm) Uy (mm) Uz (mm) U (mm) UAx (mm)
Mid-diaphysis -0.002 -1.0465 -0.921 1.394 0.811
Distal-diaphysis -3.440 6.781 0.343 7.610 1.068
Condyles -1.060 9.486 0.790 9.578 1.637
Figure 3.8 shows the maximum (tensile) and minimum (compressive) principal
strains on the medial and lateral surface of the cortical bone for three different
boundary conditions, constrained at three equally spaced nodes on the the
mid-diaphysis, distal-diaphysis and condyles. The model constrained at
mid-diaphysis only had load in the proximal region of the bone and therefore
showed no strain below the boundary condition constraint.
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Table 3.5 details the reaction forces at the three constrained nodes, for the
three models with varying boundary condition constraints. These were at the
mid-diaphysis, distal-diaphysis and the condyles.
Table 3.5: Reaction forces at the constrained nodes for the three different
boundary condition constraints, mid-diaphysis, distal-diaphysis
and condyles
Model Node Rx (N) Ry (N) Rz (N) |R| (N)
Mid-diaphysis 1 315 -235 365 536
2 9 163 345 381
3 -241 -331 766 869
Total 83 -403 1476 1532
Distal-diaphysis 1 -102 352 276 459
2 30 -362 -1273 1324
3 154 -3932 2473 2509
Total 82 -403 1476 1532
Condyles 1 583 -57 1520 1629
2 -73 209 -1249 1269
3 -428 -555 1205 1393
Total 82 -403 1476 1532
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Figure 3.8: Medial and lateral principal strains on the surface of the
cortical bone for three boundary condition levels - constrained
at mid-diaphysis, distal-diaphysis and condyles
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3.5.2.2 Effect of Muscles
Figures 3.9 and 3.10 show the maximum and minimum principal strains on the
medial and lateral cortical bone surfaces, respectively, for the five different loading
conditions with increasing complexity. These loading conditions are detailed in
Table 3.3. The femur was constrained at three equally spaced points on the distal
condyles as shown in Figure 3.7.
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Figure 3.9: Principal strains on the medial surface of the cortical bone
for five different loading conditions, A-E, with increasing
complexity
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Figure 3.10: Principal strains on the lateral surface of the cortical bone
for five different loading conditions, A-E, with increasing
complexity
Table 3.6 gives the reaction forces at the three constrained nodes (boundary
condition) for the five different muscle loading conditions shown in Table 3.3.
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Table 3.6: Reaction forces at the constrained nodes for the five different
muscle loading scenarios shown in Table 3.3
Model Node Rx (N) Ry (N) Rz (N) |R| (N)
A 1 583 -57 1520 1629
2 -73 209 -1249 1269
3 -428 -555 1205 1393
Total 82 -403 1476 1532
B 1 579 -60 1527 1634
2 -72 208 -1233 1253
3 -428 -548 1177 1367
Total 79 -321 1471 1507
C 1 581 -128 2008 2094
2 -65 232 -990 1019
3 -518 -483 740 1024
Total -2 -379 1758 1798
D 1 688 -149 1758 1894
2 -34 184 -953 971
3 -357 -376 1205 1312
Total 297 -341 2010 2060
E 1 298 -209 1344 1392
2 89 30 640 647
3 -204 2 -104 229
Total 183 -177 1880 1897
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Table 3.7: Displacement at the femoral head for the five different muscle
loading conditions shown in Table 3.3
Model Ux (mm) Uy (mm) Uz (mm) U (mm) UAx (mm)
A 1.063 9.486 0.790 9.578 1.637
B -0.856 9.425 0.774 9.496 1.609
C 3.489 10.165 0.789 10.776 1.485
D 1.475 9.279 0.670 9.419 1.397
E 9.874 -1.655 -1.724 10.160 1.023
Table 3.7 gives the displacement at the femoral head for the five different
muscle loading conditions shown in Table 3.3. Ux, Uy and Uz refer to the overall
displacement in the global coordinate system, U is the resulting magnitude of the
overall displacement and UAx refers to displacement with reference to an axis set
between the centre of the femoral head and the centre of the femoral condyles.
This is included to allow the reader to compare the results to those found using the
same axis set by Speirs et al. (2007) when constructing their ’physiological’ model.
3.5.2.3 Comparison to Physiological Model
Table 3.8 and Figure 3.11 show the displacement at the femoral head and a
comparison of the principal strains on the medial and lateral surfaces of the
cortical bone, respectively, for the model with the full complement of muscle
forces constrained at the condyles and a physiological model based on the model
developed by Speirs et al. (2007).
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Table 3.8: Displacement of the femoral head for the full muscle model and
the model based on the work developed by Speirs et al. (2007)
Model Ux (mm) Uy (mm) Uz (mm) U (mm) UAx (mm)
Full Muscle Set 9.874 -1.655 -1.724 10.160 1.023
Physiologic -0.005 -0.084 -1.081 1.085 1.065
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Figure 3.11: Principal strains on the medial and lateral surfaces of the
cortical bone for the full muscle model and the model based
on the work developed by Speirs et al. (2007)
3.5.3 Discussion and Conclusion
The first part of this study showed the effect of various boundary conditions
on the strain and deflection patterns of the intact femur. Figure 3.8 shows the
principal strains on the medial and lateral aspect of the cortex of the femur
for the three different boundary conditions, constrained at three points on the
mid-diaphysis, distal diaphysis and distal condyles. By constraining the femur
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at the mid-diaphysis, no strain occurs distal to this point. This clearly shows a
limitation in this method and indicates that if only the hip joint force and abductor
forces are being applied, it should only be used for simulations examining the
proximal part of the femur. By extending the boundary condition constraint to the
distal diaphysis and distal condyles, the majority of the length of the femur can be
examined. There is a slight difference over the condyles between the constraint at
the distal diaphysis and distal condyles.
Table 3.5 reports the resultant reaction forces at the three nodes where
the boundary conditions were applied. The overall total reaction forces at the
mid-diaphysis, distal diaphysis and distal condyles were equal to the applied
loading forces. However, the individual resultant forces at each of the three nodes
increased as the boundary condition was set further distally down the femur. The
most distal individual reaction forces were extremely high and were considered to
be artefacts created by imposing nodal displacement constraints to prevent rigid
body motion. In their study, Polgar et al. (2003) hypothesised that since distal
constraints were applied on the femur, if knee soft tissue structures were included
this would compensate for the unbalanced forces and moments.
Table 3.4 shows the displacement of the femoral head for the three boundary
condition constraints. It is clear that as the boundary condition is imposed further
distally on the femur, the overall displacement and displacement relative to the
defined axis of the femoral head increases, reaching a maximum when the femur
is constrained at the distal condyles. A radiological study conducted by Taylor
et al. (1996) examined the displacement of the femoral head of an unloaded and
loaded femur. They found that the movement of the femoral head ranged between
0.0 and -3.0 mm in the vertical direction and −1.5 and 4.0 mm in the medial
direction. Therefore, apart from the results from the model with the constraint
at the mid-diaphysis, the results for the overall displacement do not fall within the
physiological range, indicating that the models are not behaving in a physiological
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manner since a large amount of movement was occurring at the femoral head. In
vivo this movement is constrained by the acetabulum.
The second part of this study examined the influence of muscle forces on femoral
strain distribution, reaction force and femoral head displacement. Figures 3.9
and 3.10 show the maximum and minimum principal strains on the cortex of the
femur on the medial and lateral aspects of the bone for the five different loading
conditions A-E (Table 3.3) while the bone was constrained at three points on the
lateral condyles. For the medial aspect for the first four cases, A-D, the proximal
portion of the bone was in compression and the distal portion in tension, whereas
for the lateral aspect the proximal portion was in tension and the distal portion in
compression. When all the muscles were included, this loading regime completely
altered, with medial aspect being entirely in compression and lateral aspect in
tension. This clearly highlights the importance of including all muscles and shows
the vast difference which occurs if all muscles are not included. A point to note
is that if only the proximal portion of the bone was the area of interest, then the
principal strains in this region were comparable, using a simplified loading regime.
With the full complement of muscles, Case E, the minimum principal strain on
the medial cortex occurred just below the lesser trochanter and was approximately
2000 µ. The maximum principal strain on the lateral aspect occurred just below
the greater trochanter and was approximately 1500 µ. This corresponds with the
studies conducted by Duda et al. (1998); Polgar et al. (2003); Speirs et al. (2007)
and Phillips (2009). The strain on the lateral aspect also compares favourably to
an in vivo study by Aamodt et al. (1997), who measured the strain just below the
greater trochanter to be approximately 1500 µ. This indicates that including all
the muscles represents a more physiologically correct model when examining the
strain distribution on the surface of the femur.
When considering the reaction forces for the five models, Table 3.6, the
total resultant reaction alters in line with the total resultant applied force. The
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summation of the resultant force at the three nodes decreases with the inclusion
of more muscles. In particular, with the addition of muscles surrounding the knee,
Case E, the summed reaction force greatly reduces. These reaction forces can
still be considered artefacts created by imposing nodal displacement constraints
preventing rigid body motion.
Table 3.7, showing the displacement of the femoral head for the five different
muscle loading cases, shows the overall displacement for each model is approximately
10 mm, this again does not match the physiological data (Taylor et al., 1996) and
indicates that the restraint at the femoral head is not representing the acetabulum.
When comparing the model with the full muscle set, Case E, to the model
inspired by Speirs et al. (2007), little difference occurs within the strain distribution
on the medial and lateral aspect of the femur. The only point to note is that
there is minimal strain reduction on both aspects when using the model developed
by Speirs et al. (2007). The main difference occurs when examining the overall
displacement of the femoral head, Table 3.8. This shows a massive reduction in
the overall displacement from 10.16 mm, in the model with the full muscle set
and constrained by three points on the distal condyles, to 1.09 mm in the model
developed by Speirs et al. (2007). The femoral head displacement of 1.09 mm
is considered physiological when comparing to the study by Taylor et al. (1996),
therefore implying that this model is the most physiologic-like. However, when
considering the displacement relative to the defined axis, the two models compare
favourably and this is why there is no discrepancy in the strain results. This again
highlights the importance of boundary condition.
In conclusion, this study has shown the choice of boundary and loading
conditions to be very influential on the strain distribution, reaction forces and
displacement of the femoral head of the femur. With regard to the boundary
condition, in order to capture the strain distribution along the entire length of
the femur it is important to constrain it at the most distal point possible. This
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does create large reaction forces and overall femoral head displacements, which
must be taken into account when analysing the models. With respect to the
loading conditions, the results have shown that if considering any point distal to
the proximal third of the femur, it is imperative to include all muscle forces in
order to simulate an accurate representation of the in vivo situation. Finally, the
model developed by Speirs et al. (2007) further demonstrates the importance of
boundary conditions and provides a solution to modelling an appropriate value for
the overall displacement of the femoral head. However, how closely they match
to the physiological case can still be questioned due to their specific boundary
conditions. By constraining the femur to only deform along a line from the femoral
head to the femoral condyles they are forcing the model to deform in a specific
way which works for single leg stance, but may not be appropriate when modelling
other phases of gait, or routine daily activities.
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3.6 Free Boundary Condition
The aim of this section is to create a free boundary condition model. Up until now,
when creating a finite element model, calculated joint reaction forces and muscle
forces have been applied based on optimisation studies, and the model has always
been fixed in a non-physiological manner. This model aims to use only the body
weight information and an estimation of muscle stiffness, based on the Hill type
musculoskeltal model (Zajac, 1989). Using this information the model should find
an equilibrium point, at which it is balanced, and will produce physiological strain,
displacement, reaction force and muscle force data.
3.6.1 Method
The same geometry, mesh and material properties as stated in Sections 3.4.1,
3.4.3.3 and 3.4.2 were used for the free boundary condition model. The model was
inspired by the model developed by Phillips (2009).
Many studies have been carried out investigating the hip joint reaction force
during gait; these include Paul (1975), Crowninshield et al. (1978) and, more
recently, Bergmann et al. (2001). Bergmann et al. (2001) conducted a study using
instrumented prostheses to estimate the hip joint reaction force during everyday
activities. During the walking gait cycle the hip force reaches the highest peak soon
after heel strike and can reach forces of up to 2.3 times body weight (Bergmann,
1998). To directly compare with the fixed boundary condition study, and to
simulate the bone when it is under its highest point of stress, during the walking
gait cycle, the orientation of the bone at the point of peak joint reaction force was
used. The femur was positioned at 12◦ of adduction and 7◦ of flexion, corresponding
to the physiological configuration in the selected phase of gait and allowing a
vertical load corresponding to the body weight to be applied (Crowninshield et al.,
1978; Cristofolini et al., 1995). The coordinate reference system was then positioned
at the centre of the femoral head. The z-axis was oriented proximally, the y-axis
anteriorly and the x-axis medially. This is shown in Figure 3.12.
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Figure 3.12: The axis system used in the free boundary condition finite
element models
Artificial structures representing the acetabular region of the pelvis and tibial
tray were defined. These were positioned at either end of the femur. A thin layer of
elements was then included between the artificial structures and the femur to allow
even-load transfer and to represent cartilage simply. These were assigned a Young’s
modulus of 15 MPa and Poisson’s ratio of 0.45 (Shepherd and Seedhom, 1999).
Tied conditions were assumed between the inner cortical surface and the outer
trabecular surface, between the hip cartilage outer surface and the acetabular inner
surface, and between the knee cartilage surface and the tibial plateau. Smooth
surface interactions with a friction coefficient of zero were used between both
cartilage surfaces, at the pelvis and the knee, and the femur. This allowed transfer
of compressive normal stresses and joint separation to take place.
The method of defining and applying muscle forces was based on the method
used by Phillips (2009). Twenty six muscles and seven ligaments were included
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in the finite element model as spring (connector) elements. For each muscle a
force-displacement curve was defined, based on the peak muscle contractile force
FMpeak and a reference stiffness value, K
ML
iso , as shown in Figure 3.13.
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Figure 3.13: Linear force-displacement relationship for each muscle in
tension, where F is the force and δ is the displacement
The peak muscle contractile force FMpeak was calculated using Equation 3.1 where
PCSAM is the physiological cross sectional area of the muscle (as shown in Equation
2.1) and SFM is the muscle strength factor. The values for the PCSAM used in
this study were based on data from Brand et al. (1986). Muscle strength factor is
the maximum tension a muscle can develop divided by its physiologic cross sectional
area. Human muscle strength factors reported in the literature can vary from less
than 20 to 50 N/cm2 (Sverdlova and Witzel, 2010). From examination of Delp
(1990) a muscle strength factor of between 12 and 49 N/cm2 was used, with most
values using a muscle strength factor of less than 20 N/cm2. Sverdlova and Witzel
(2010) conducted a finite element study to determine the muscle forces in a femur,
using a bending minimisation theory. With the exception of a few muscles, the
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majority of muscles had a muscle strength factor of a value at or below 20 N/cm2.
This corresponds to the value stated by Medler (2002). Additionally, Ralston et al.
(1949) predicted a muscle strength factor of 23.3 N/cm2. Therefore, a muscle
strength factor value of 20 N/cm2 was chosen for this study.
FMpeak = PCSA
M × SFM (3.1)
During everyday activities such as walking, staircase ascent and descent, rising
and sitting from a chair, an arbitrary value of 0.75FMpeak was chosen at which
muscle forces were not expected to exceed. Therefore, in the force-displacaement
graph shown in Figure 3.13, the stiffness value KMLiso was lowered to 1% of its
original value past this point. This was applied to ensure a range of muscles being
used and to prevent specific muscles reaching their maximum force. The value
of 0.75FMpeak compares to that used in optimisation studies to limit individual
muscle forces for physiological activities (Crowninshield et al., 1978; Heller et al.,
2001b).
The reference stiffness value was defined, based on the following assumptions.
• Using the Hill type musculotendon contraction model (Zajac, 1989) shown in
Section 2.3.1.6, it was assumed that muscle fibre-legnthening, as allowed by
passive muscle stiffness, was equal to active muscle-shortening as controlled
by the active contraction element. Therefore, the muscles were modelled in a
passive manner, in a static state. This assumption was considered reasonable,
resulting in isometric muscle contraction. Representing muscles in a passive
manner in a static state along with muscle and joint reaction forces allows a
balanced model to be produced. This assumption is only reasonable for static
cases, for any other activity an active element would need to be included.
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• The passive tendon stiffness was assumed to be linear in tension and near zero
in compression.
Using the assumptions stated above, the isometric stiffness value could then
be calculated using the tendon slack length, LTslack, since the strain in the muscle
tendon has been assumed to be the same as in the muscle body, and the peak
muscle contractile force, FMpeak already calculated. Equation 3.2, defined by Zajac
(1989), shows how to calculate the tendon slack length, LTslack, where L
MT is the
length of the musculotendon unit between its origin and insertion, LMpeak is the
average length of muscle fibres in a relaxed state following dissection and β is the
muscle angle of pennation. This is the angle at which muscle fibres are oriented
with respect to the tendon.
LTslack = L
MT − LMpeakcosβ (3.2)
The estimated values for LTslack were obtained from Delp (1990), using data
sourced from Friederich and Brand (1990) and Wickiewicz et al. (1983).
Based on the generic force-strain relationship detailed in Section 2.3.2 and shown
in Figure 2.13, which was presented by Zajac and Gordon (1989), a relationship
is shown where tendon strain achieves a value of 0.1 at 3.5 times the peak muscle
force, 3.5FMpeak. The isometric stiffness, K
MT
iso , of the musculotendon unit can
therefore be estimated as shown in Equation 3.3. The stiffness of a muscle therefore
increases with peak muscle force, FMpeak, related to physiological cross sectional area,
PCSAM , and decreases as the slack length, LTslack, increases.
KMTiso =
3.5
0.1
FMpeak
LTslack
(3.3)
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Tables 3.9 and 3.10 show the values for PCSAM taken from Brand et al. (1986);
FMpeak calculated using the muscle strength factor from Sverdlova and Witzel (2010)
and Medler (2002); LTslack taken from from Delp (1990) and K
MT
iso calculated using
assumptions reported by Zajac and Gordon (1989) respectively.
All muscles were modelled as connector elements, with a single line of action
running from its origination point to insertion, with the exceptions stated below.
The muscle origination and insertion sites were based on the data taken from
Dostal and Andrews (1981) and Duda (1996). Since the data for these points were
calculated on different femurs to the one used in this study, the points were first
plotted as stated, on and around the femur, and then adjusted, where necessary, to
a corrected position according to an anatomy text book (Gray, 2005).
As well as the muscles surrounding the femur, ligaments crossing the knee and
the iliotibial band were also included in the model. The ligaments were included
in a similar manner to that applied to the muscles. All ligament stiffnesses were
assumed to be linear in tension and near zero in compression and were defined as a
single line of action running from their origination point to insertion.
The stiffness values for these structures were taken based on previous literature.
Various studies have been conducted to examine the mechanical behaviour of
ligaments (Noyes and Grood, 1976; Trent et al., 1976; Woo et al., 1986; Prietto
et al., 1988; Momersteeg et al., 1995; Robinson et al., 2005). Table 3.11 shows the
reported and chosen stiffness values for the cruciate and collateral knee ligaments,
measured using experimental tensile tests.
For the patella tendon a stiffness value of 3500 Nmm−1 was used; this was
based on the study conducted by Hansen et al. (2006). For the iliotibial band a
value of 97 Nmm−1 was used based on a tensile test study conducted by Merican
et al. (2009).
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Table 3.9: Properties of muscles interacting with the femur
Muscle PCSAM
(cm2)
FMpeak (N) L
T
slack
(mm)
KMTiso
(N/mm)
Gluteus Maximus 1 20.2 404 125 113
Gluteus Maximus 2 19.6 392 127 108
Gluteus Maximus 3 20.0 400 145 97
Gluteus Medius 1 25.0 500 78 224
Gluteus Medius 2 16.2 324 53 214
Gluteus Medius 3 21.2 424 53 280
Gluteus Minimus 1 6.8 240 16 296
Gluteus Minimus 2 8.2 164 26 221
Gluteus Minimus 3 12.0 135 51 164
Adductor Brevis 11.5 230 20 403
Adductor Longus 22.7 455 110 145
Adductor Magnus 1 25.5 510 60 298
Adductor Magnus 2 18.4 367 130 99
Adductor Magnus 3 17.0 339 260 46
Biceps Femoris (LH) 27.3 547 341 56
Biceps Femoris (SH) 8.1 163 100 57
Gastrocnemius Lateral 14.3 286 385 26
Gastrocnemius Medial 50.6 1012 408 87
Psoas 257 51.4 130 139
Iliacus 233 46.7 90 181
Gemelli Inferior 4.3 87 39 78
Gemelli Superior 2.1 43 39 39
Pectineus 9.0 181 10 632
Piriformis 20.5 411 115 125
Quadratus Femoris 21.0 420 24 613
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Table 3.10: Properties of muscles interacting with the femur, continued
Muscle PCSAM
(cm2)
FMpeak (N) L
T
slack
(mm)
KMTiso
(N/mm)
Vastus Intermedius 82.0 1640 136 422
Vastus Lateralus 64.4 1288 157 287
Vastus Mediatus 66.9 1337 126 372
Tensor Fasciae Latae 8.0 160 425 13
Rectus Femoris 43.0 859 346 87
Semimembranosus 46.3 927 259 90
Semitendinosus 13.1 261 262 35
Gracilis 3.7 75 140 19
Sartorius 2.9 58 40 51
Obturator Internus 9.1 181 20 317
Obturator Externus 2.7 54 20 95
Table 3.11: Stiffness values of the cruciate and collateral knee ligaments
(N/mm) ± standard deviation
Author ACL PCL MCL LCL
Noyes and Grood (1976) 182± 56
Trent et al. (1976) 141± 99 183± 65 72± 17 61± 43
Woo et al. (1986) 242± 28
Prietto et al. (1988) 204± 49
Momersteeg et al. (1995) 201± 102 258± 62 134± 1 114± 29
Robinson et al. (2005) 80± 8
Chosen value 206 213 95 74
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The exceptions to the muscle being modelled as a connector element with a single
line of action, are as follows:
• The gluteus maximus, medius and minimus and adductor magnus were each
split into three parts to allow a more accurate representation of the muscle
fibre directions.
• The tensor fasciae latae was included, using a single connector element running
from its origination point on the pelvis to a defined point in 3D space
representing its turning point at the greater trochanter and the point at which
the iliotibial band starts. The iliotibial band was defined from this point to
its muscle insertion point on the tibia.
• According to anatomy text books (Gray, 2005; Kingston, 1996), the rectus
femoris and vastus muscles insert into the patella via the quadriceps tendon
and into the tibial tuberosity via the patella ligament. Therefore, these
four muscles were included as single connector elements running from their
attachment points to a point in 3D space representing the patella. The patella
ligament was then included from this point to its insertion point.
• To represent the transfer of force from the iliotibial band onto the greater
trochanter and from the patella onto the condyles, connector elements with
significant stiffness in compression and negligible stiffness in tension were
applied. From the 3D point in space where the tensor fasciae latae turned
into the iliotibial band, two of these connector elements were used, each of
which then branched into three further connector elements. Therefore, six
points were distributed over the greater trochanter. The same method was
applied from the 3D point in space representing the patella applying pressure
onto the femoral condyles, creating a hinge for the muscle to pivot on.
• The long head of the biceps femoris, semimembranosus, semitenidinosus,
gracilis and sartorius muscles all act from the pelvis to the tibia. They were
therefore included in this manner using single connector elements for each
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muscle, running from their origination sites on the pelvis to fixed insertion
points on the tibia.
• The iliopsaos muscle was represented as follows. The iliacus was included from
its insertion point on the femur to a point in 3D space representing its turning
point at the edge of the iliac fossa. The psoas muscle then acted from this
point to a point in 3D space representative of its origin on the lumbar spine.
Stiff truss elements were used to connect the muscle insertion points on the
pelvis, sacrum and lumbar spine to the artificial acetabular structure. From each
muscle insertion point five truss elements were used, spreading the force over the
structure. In addition, a point in 3D space representing the L5S1 was connected to
the acetabular structure, using stiff truss elements. The acetabular structure was
not constrained in any other manner.
At each of the insertion points of muscles and ligaments on the tibia, and at the
four corners of the tibial tray, fixed constraints were applied. These were the only
fixed constraints in the model.
A loading condition representing single leg stance was then used. A vertical
load of 835 N (5/6 times body weight) was applied to the point in 3D space
symbolising the L5S1. The muscle forces, reaction forces, strain and deflection were
then extracted from the model.
A picture showing the free-boundary condition model is shown in Figure 3.14.
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Figure 3.14: Free boundary condition model of the femur
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3.6.2 Results
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Figure 3.15: Principal strains on the surface of the cortical bone, subject to
a single leg stance load case.
Figure 3.15 shows the medial, lateral, anterior and posterior plots of the
maximum (tensile) and minimum (compressive) principal strains on the surface of
the cortical bone, due to single leg stance.
Figure 3.16 shows the bending displacement of the medial, lateral, anterior and
posterior surfaces of the cortical bone relative to the central axis of the femoral
shaft. The central axis was created by selecting the mid point between the medial
and lateral node paths, and the anterior and posterior node paths respectively.
Tables 3.12 and 3.13 show the resulting joint contact forces at the femoral head
and femoral condyles respectively. The medial-lateral split of the vertical force
component at the femoral condyles was 51:49.
81
0 3
Medial−Lateral Displacement
Displacement (mm)
−0.3 0.3
Anterior−Posterior Displacement
Displacement (mm)
Figure 3.16: Displacements in the medial-lateral (blue-red) and
anterior-posterior (blue-red) directions compared to the
central axis of the femoral shaft
Table 3.12: Resulting forces at the femoral head
Rhx (N) R
h
y (N) R
h
z (N) R
h (N)
609 279 2614 2698
Table 3.13: Resulting forces at the femoral condyles
Rcx (N) R
c
y (N) R
c
z (N) R
c (N)
105 59 -1590 1594
Table 3.14 gives the displacement of the femoral head. Ux, Uy and Uz refer to the
overall displacement in the global coordinate system, U is the resulting magnitude
of the overall displacement and UAx refers to displacement with reference to an axis
set between the centre of the femoral head and the centre of the femoral condyles.
Table 3.14: Displacement of the femoral head in the free boundary condition
finite element model
Ux (mm) Uy (mm) Uz (mm) U (mm) UAx (mm)
0.630 0.525 -0.432 0.927 0.348
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Table 3.15 gives the resulting muscle and ligament forces for the muscles and
ligaments which exceed a force of 10 N. Those that did not exceed 10 N have not
been reported.
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Table 3.15: Resulting muscle and ligament forces for the free boundary
condition model during single leg stance. Muscle forces reaching
0.75FMpeak are shown in bold.
Muscle Force (N)
Gluteus medius 1 324
Gluteus medius 2 246
Gluteus medius 3 264
Gluteus medius mean 278
Gluteus minimus 1 184
Gluteus minimus 2 128
Gluteus minimus 3 106
Gluteus minimus mean 139
Biceps femoris (SH) 104
Iliacus 190
Piriformis 73
Tensor fasciae latae 51
Gastrocnemius lateral 26
Rectus femoris 165
Pectineus 135
Sartorius 19
Iliotibial band 306
ACL 116
LCL 71
Patella tendon 164
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3.6.3 Discussion and Conclusion
From examining Figure 3.15 it can be seen that in the medial and lateral aspects
on the cortex of the bone the maximum absolute strain was approximately 3000 µ
and 2500 µ respectively. The medial aspect of the femur was shown to act in
compression, with the minimum compressive value occurring just below the lesser
trochanter, and the lateral aspect of the femur was shown to act in tension, with
the maximum tensile strain of 2500 µ occurring just below the greater trochanter.
Both the minimum compressive value on the medial aspect and maximum tensile
value on the lateral aspect are slightly higher than expected. Aamodt et al. (1997)
measured the micro-strain in vivo on the lateral cortex of two female patients just
below the greater trochanter. They found an max value of around 1500 µ . The
body weight of the two patients was not reported. The higher values reported in
this study may therefore be due to the high body weight value used of 1000 N.
If the body weight of a female patient of 600 N was used and the results were
proportionally scaled the values would compare much more favourably.
When comparing the strain on the medial and lateral aspect for the free
boundary condition model to that found in the fixed boundary condition models,
both the model with a full complement of muscle forces and the model defined
by Speirs et al. (2007) (Section 3.5.2.3) compare well. The general shapes of
the strain curves are similar, with all peaks occurring just below the lesser and
greater trochanter for the medial and lateral aspect, respectively. The minimum
compressive strain on the medial aspect and minimum tensile strain on the lateral
aspect occur in the distal portion of the femoral shaft for all models. The absolute
minimum compressive strain value on the medial aspect is higher for the free
boundary condition model than for the fixed boundary condition model. This
may be due to the inclusion of the knee ligaments and patella and the removal of
the fixed points close to this region. Overall, the free boundary condition strains
are slightly higher than fixed boundary condition strains, but this can again be
accounted for by the high body weight value used.
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When comparing the strains on the anterior and posterior aspect of the cortex
of the femur the maximum absolute strain was approximately 1000 µ in both
cases. The peak on the anterior aspect occurred in the proximal portion of bone,
whereas the peak on the posterior surface occurred in the distal portion of the
bone. Both these peaks were compressive strains, indicating an S-shape loading
formation. This result may have been due to the original orientation of the femur
being set at 7◦ of flexion.
With regard to the displacement of the femoral head, Table 3.14, and
the deflection of the femoral shaft, Figure 3.16, there is limited information
available. Taylor et al. (1996) conducted a study using two volunteers. Full length
X-rays of the femur were taken in the coronal plane in a weight-bearing and
a non weight-bearing situation. The two sets of X-rays were then printed
and compared by overlaying the images and measuring any differences.
They observed ‘almost identical matching of the femoral outlines, for both
subjects, especially in the diaphyseal region’ when comparing the unloaded
and loaded cases. They found the maximum displacement of the mid-point
of the femur to occur at the mid-diaphysis and to be 2.0 mm and −1.0 mm
for the two subjects. The absolute maximum vertical displacement for the two
subjects was 3 mm and the medial displacement of the femoral head was between
−1.5 and 4.0 mm. Given that these results indicate that the femoral head and
mid-point of the femur displace in both the medial and lateral direction on different
subjects, the only overall information to be deemed useful is that there is movement
at both of these points, but it is very minimal. Taking this into account, the results
presented in this study compare favourably. The overall displacement was 0.927
mm and the displacement relative to the defined axis was 0.348 mm.
The maximum displacement of the femoral shaft occurs at approximately
mid-shaft, correlating with results by Taylor et al. (1996), and reaches a value of
around 2.5 mm. In addition, the overall displacement of the femoral head, being
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0.93 mm, also correlates well with the proposal that there is minimum movement at
the femoral head. When making a comparison with the fixed boundary condition
models, the overall displacement matches well to the model based on the method
developed by Speirs et al. (2007). With the fixed boundary condition model with
the full complement of muscles and fully constrained at the condyles, the overall
displacement of the femoral head was 10.16 mm, which is considerably larger
than the overall displacement of the free boundary condition model which was
0.98 mm. The larger fixed boundary condition displacement would be considered
physiologically incorrect, thus highlighting the importance of boundary conditions
and how the free boundary condition model is a more accurate representation.
However if only strain were considered, the three models match well. The reason
for this is due to the similar displacement relative to the defined axis in all models.
As shown in Figure 3.16, the deflection of the femoral shaft in the
anterior-posterior direction shows very small deflections of less than 0.3 mm
in each direction. Although these values are small they still indicate that in the
proximal region the shaft deflects putting the anterior aspect in compression, and
in the distal shaft it deflects putting the posterior aspect in compression. This
correlates with the strain results.
The resultant force at the femoral head for the free boundary condition model
during single leg stance was 2698 N, equivalent to 270% body weight. Bergmann
et al. (2001) conducted a study simultaneously measuring hip contact forces with
instrumented implants, and recording gait patterns and ground reaction forces for
four patients during the most frequent activities of daily living. From this, single
leg stance can be considered as the point at 50% through the walking gait cycle.
Additionally, Bergmann et al. (2010) conducted a study to find the realistic loads
that should be used for testing hip implants. The previous study was adapted to
measure the resulting hip contact force for an average body weight of 750 N and
a peak body weight of 1000 N. For the peak body weight at 50% of the gait cycle
the maximum joint reaction force was approximately 3200 N, and for the average
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body weight the maximum joint reaction force at 50% gait cycle was 1600 N. Since
this study used a peak body weight and the results lie close to the value reported
by Bergmann et al. (2010) it can be considered that the hip joint reaction force is
physiologically correct.
The resultant force at the femoral condyles was 1594 N, or 159% body weight
(BW). When comparing this to a single patient implant study conducted by D’Lima
et al. (2005) it is just slightly lower than the values of 175% BW to 203% BW
reported for the force at the tibial plateau. This study was conducted on a patient
after total knee arthroplasty. It is possible that the patient’s muscles were weak
at this point and therefore not taking as much force as a healthy patient. If the
muscles were to contribute a higher force it is possible that the resulting knee
contact force would reduce. This may account for the lower knee contact force
shown in this study where a healthy patient was modelled. Additionally, there was
a medial-lateral split for the vertical force component of 51:49. This compares well
to the split, of 53:47, measured by Zhao et al. (2007).
Table 3.16 shows the calculated resulting muscle forces at 45% gait cycle for
muscles with a resulting force higher than 10 N, provided by Duda et al. (1998).
Forty five percent gait cycle was chosen since this is considered to be the closest
point to compare to single leg stance, given the four scenarios provided (10%, 30%,
45% and 70%). Although the two models, Duda et al. (1998) and the present study,
used entirely different methods to calculate the resulting forces in the muscles, and
there is undoubted difference between the setups, loading and orientation of the
femur, the active muscles at the chosen position predominantly coordinate. In both
cases the gluteus medius, gluteus minimus, biceps femoris (SH), piriformis, iliacus,
tensor fascie latae and gatrcnemius lateralis have a resulting force greater than 10
N and it is clear that the abductor muscles take a significant portion of the load.
For the abductor muscles - the gluteus medius, gluteus minimus tensor fascia
latae and piriformis - the free boundary condition muscle results were consistently
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lower than the forces predicted by Duda et al. (1998). The reason for this could
be due to the low muscle strength factor selected. The muscle strength factor
used in this study was 20 N/cm2, Sverdlova and Witzel (2010) reported that the
muscle strength factor can vary from 20 N/cm2 to 50 N/cm2, so the selected value
was at the bottom of the range. Therefore a low predicted maximum muscle force
was calculated. As such, for example, all portions of the gluteus minimus reached
their allowed maximum muscle force, at 75% peak muscle force, and they were still
considerably lower than the force provided by Duda et al. (1998). With a higher
allowed peak muscle force, the finite element generated values may have been
closer to the quoted values. The forces provided by Duda et al. (1998) indicate
the vastus laeralis, vastus intermedius and gemellus superior and inferior also to
be active, whereas the free boundary condition model indicates the rectus femoris,
pectineus and sartorius were active. The latter three muscles were not listed in
the results provided by Duda et al. (1998) so it is possible that the forces were
being shared through the vastus muscles as an alternative. Additionally, there
was significant difference between the finite element and quoted values for the
gastrocnemius lateralis. In the finite element model the focus was on balancing
the femur. Without including the tibia, which the gastrocnemius lateralis acts on,
one would expect this force to be low since the muscle is not contributing any
significant action to balance the femur.
This study has presented a further-developed free boundary modelling approach
based on the original model developed by Phillips (2009). At this stage, it must be
noted, that the model has only been tested in a passive static state for single leg
stance and further studies would have to be conducted with the femur positioned
in alternative stances for the model to be considered truly useful. The bone has
not had fixed boundary condition application, but instead has been constrained
in a physiological manner by the muscles and joint structures surrounding it. In
addition, the muscles have not been assigned specific forces, but instead have had
a stiffness value applied and have balanced, providing information on the resulting
muscle forces. The developments of this model include a more physiologically
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Table 3.16: Resulting muscle forces greater than 10 N at 45% gait cycle
provided on request by Duda et al. (1998)
Muscle Force (N)
Gluteus maximus 1 130
Gluteus maximus 2 90
Gluteus medius 1,2, 3 305
Gluteus minimus 1, 2, 3 284
Tensor fascia latae 76
Piriformis 102
Gemellus superior & inferior 51
vastus intermedius 63
vastus lateralis 228
Gastrocnemius lateralis 384
Biceps femoris (SH) 92
Psoas major, iliacus 174
correct definition of the condylar region and tibial plateau, and the use of muscles
as single lines of action as opposed to multiple lines spread over a larger insertion
site. The use of muscles with single lines of action is a simplification on the in
vivo state but does not seem to affect the model, and results compare well to the
model developed by Phillips (2009). This correlates with the study conducted by
Polgar et al. (2003) who concluded that applying muscle forces as concentrated
loads at the centroids of the attachment areas provided a good indication of the
physiological stress and strain levels.
With the alternative free boundary condition modelling approach comparing
well to the most advanced fixed boundary condition models (Speirs et al., 2007;
Polgar et al., 2003; Duda et al., 1998), but with the addition of hip and knee
joint reaction forces comparing favourably to in vivo measurements (Bergmann
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et al., 2001, 2010; D’Lima et al., 2005), displacement of the femoral head and
deflection of the femoral shaft appearing to be physiologically correct (Taylor
et al., 1996), and the muscles forces being produced and matching well with
optimisation studies (Duda et al., 1998; Heller et al., 2001b), so far this model
has been shown to be an invaluable tool for the advancement of modelling the femur.
91
3.7 Free Boundary Condition Sensitivity
In the model developed by Phillips (2009) the author compared a linear and
a non-linear free boundary condition modelling approach, concluding that the
non-linear approach resulted in lower principal strains on the cortex of the femur,
and had better match-up with in vivo resultant forces at the hip and knee joint
compared to the linear strategy. The aim of this sensitivity study was to further
access the effect of varying non-linear strategies in comparison to the linear model.
3.7.1 Method
In the original free boundary condition model, a linear force-displacement curve
for each of the muscles was defined based on the individual muscles reference
stiffness value, KMLiso , and the peak muscle contractile force, F
M
peak. The graph for
this is shown in Figure 3.13. The relationship at the maximum muscle force, Fmax
(corresponding to 0.75FMpeak), is shown in Equation 3.4.
Fmax = K
MT
iso δmax = K
MT
iso maxL (3.4)
Where max is the maximum axial strain in the muscle, δmax is the displacement
of the muscle corresponding to Fmax, and L is the original length of the muscle for
a given position.
max =
δmax
L
(3.5)
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A study was conducted to access the sensitivity of this relationship.
Non-linear force displacement curves were defined based on the relationship
shown in Equation 3.6.
F = KMTiso max
n
a
(
1
nmax
)
L (3.6)
a is the axial strain in the muscle for a given displacement and n is a defined
power altering the activation of the muscle. As in the linear model the muscle
forces were not expected to reach in excess of 0.75F peakM . At this point, which was
reached at δmax, the stiffness was lowered to 1% of K
ML
iso . The stiffness values of
the muscles and ligaments in compression continued to be considered as negligible.
A curve illustrating the relationship of the force-displacement sensitivities is shown
in Figure 3.17.
a =
δ
L
(3.7)
For the linear case n = 1, and for the sensitivity study n = 1/3, 1/2, 2 and 3
were chosen. The relationships were chosen to allow for differing activation of the
muscles based on differing axial strain a values. The higher the power the slower
the muscle activation with displacement.
All muscle force-displacement relationships were altered according to, Equation
3.6, for the five cases.
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Figure 3.17: Sensitivity force-displacement relationship for each muscle in
tension, where F is the force and δ is the displacement
94
3.7.2 Results
Figures 3.18 and 3.19 show the medial, lateral, anterior and posterior minimum
and maximum principal strains for the five models, where n=1/3, 1/2, 1, 2 and 3,
on the surface of the cortical bone. N=1 represents the linear case, while the other
four models represent non-linear free boundary condition models.
Figure 3.20 shows the displacement of the medial, lateral, anterior and posterior
cortical surfaces relative to the central axis of the femoral shaft for the five models,
where n=1/3, 1/2, 1, 2 and 3. The medial and posterior surfaces are shown in blue
whereas the lateral and anterior surfaces are shown in red.
Table 3.17: Resulting contact forces at the femoral head for the five models,
where n=1/3, 1/2, 1, 2 and 3
n Rhx (N) R
h
y (N) R
h
z (N) R
h (N)
1/3 672 338 2673 2777
1/2 644 309 2646 2741
1 609 279 2614 2698
2 607 285 2594 2679
3 614 300 2612 2701
Tables 3.17 and 3.18 show the resulting contact forces at the femoral head
and femoral condyles for the five models, respectively. Table 3.19 shows the
displacement of the femoral head for the five models, n=1/3, 1/2, 1, 2 and 3. Ux,
Uy and Uz refer to the overall displacement in the global coordinate system, U is
the resulting magnitude of the overall displacement and UAx refers to displacement
with reference to an axis set between the centre of the femoral head and the centre
of the femoral condyles.
Tables 3.20 and 3.21 gives resulting muscle and ligament forces for the five
models. Only muscle and ligament values higher than 10N are shown.
95
Table 3.18: Resulting contact forces at the femoral condyles for the five
models, where n=1/3, 1/2, 1, 2 and 3
n Rcx (N) R
c
y (N) R
c
z (N) R
c (N)
1/3 83 27 -1541 1543
1/2 86 35 -1543 1546
1 105 59 -1590 1594
2 105 65 -1611 1615
3 106 68 -1612 1617
Table 3.19: Displacement of the femoral head for the five models, where
n=1/3, 1/2, 1, 2 and 3
Model Ux (mm) Uy (mm) Uz (mm) U (mm) UAx (mm)
1/3 0.349 0.228 0.322 0.526 0.277
1/2 0.448 0.327 0.392 0.680 0.334
1 0.630 0.525 0.432 0.927 0.348
2 0.760 0.675 0.560 1.161 0.458
3 0.780 0.714 0.557 1.195 0.451
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Figure 3.18: Medial and lateral principal strains on the surface of the
cortical bone for the five models, n=1/3, 1/2, 1, 2 and 3
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Figure 3.19: Anterior and posterior principal strains on the surface of the
cortical bone for the five models, n=1/3, 1/2, 1, 2 and 3
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Figure 3.20: Displacements in the medial-lateral (blue-red) and
anterior-posterior (blue-red) directions compared to the
central axis of the femoral shaft, for the five models, where
n=1/3, 1/2, 1, 2 and 3
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Table 3.20: Resulting muscle and ligament forces for three models, where
n=1/3, 1/2 and 1
Muscle n = 1/3 n = 1/2 n = 1
Gluteus medius 1 323 325 324
Gluteus medius 2 246 246 246
Gluteus medius 3 274 269 264
Gluteus minimus 1 185 186 184
Gluteus minimus 2 129 130 128
Gluteus minimus 3 107 108 106
Biceps femoris (SH) 123 122 104
Iliacus 289 241 190
Piriformis 124 104 73
Tensor fasciae latae 67 58 51
Gastrocnemius lateral 54 40 26
Rectus femoris 157 170 165
Pectineus 141 140 135
Sartorius - - 19
Vastus Lateralis 23 - -
Obturator externus 40 22 -
Iliotibial band 265 277 306
ACL 84 88 116
LCL 49 55 71
Patella tendon 181 176 164
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Table 3.21: Resulting muscle and ligament forces for three models, where
n=1, 2 and 3
Muscle n = 1 n = 2 n = 3
Gluteus medius 1 324 324 326
Gluteus medius 2 246 246 247
Gluteus medius 3 264 294 304
Gluteus minimus 1 184 187 187
Gluteus minimus 2 128 131 131
Gluteus minimus 3 106 108 108
Biceps femoris (SH) 104 108 106
Iliacus 190 189 214
Piriformis 73 34 19
Tensor fasciae latae 51 37 28
Gastrocnemius lateral 26 - -
Rectus femoris 165 135 131
Pectineus 135 136 137
Sartorius 19 44 45
Vastus Lateralis - - -
Obturator externus - - -
Iliotibial band 306 335 341
ACL 116 114 115
LCL 71 84 85
Patella tendon 164 134 130
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3.7.3 Discussion and Conclusion
Figures 3.18, 3.19 and 3.20 show the maximum and minimum principal strains
on the cortex of the femur, as well as the deflection from the central axis of the
femur for the medial, lateral, anterior and posterior aspects, respectively, for the
five models. Visually, no difference can be seen in any of these figures, indicating
that altering the activation path of the muscle, or creating a non-linear boundary
condition model, does not significantly alter these parameters.
For the resultant contact forces at the femoral head shown in Table 3.17, and
contact forces at the femoral condyles, Table 3.18, there is a slight variation in
overall force for each model and in comparison to the linear model, n=1. All models
still maintain a force which could be considered as physiological and which compares
well to measured in vivo joint reaction forces at the hip and knee (Bergmann et al.,
2001, 2010; D’Lima et al., 2005). Any difference in the contact forces could be
accounted for by the slightly different muscle loading regime and activation.
The displacement of the femoral head for the five models, shown in Table
3.19, demonstrates the most significant change when altering the activation of the
muscles. As the power increases, and therefore the displacement of the muscle
increases at a greater rate than the force introduction of the muscle, so too does
the displacement of the femoral head. The increase in femoral head displacement
can therefore be accounted for by the longer muscle displacements allowing greater
movement to occur. All values still lie well within the physiological range measured
by Taylor et al. (1996).
When comparing the resulting muscle forces for the five models, shown in Tables
3.20 and 3.21, predominantly the same muscles activated for the linear (n=1) and
non-linear (n=1/3,1/2, 2 and 3) cases, with the exception of three muscles - vastus
lateralis, sartorius and obturator externus. Vastus lateralis was activated at n=1/3,
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obturator externus at 1/3 and 1/2 and sartorius at n=2 and n=3. Even at
activation the value for these muscles remained low: < 50 N.
The resulting forces in the gluteus medius, gluteus minimus and biceps femoris
short head remained mostly stable no matter which model was used. However,
the iliotibial band and ACL force increased with increasing power activation
and the piriformis, iliacus, tensor fasciae latae and patella tendon reduced with
increased power activation. The reason behind this may be due to the differing
force-displacement activations limiting each model. Without further investigations
into this model and into other optimisation study models, and without actual
muscle force data it is impossible to conclude which model in this study best
represents the physiological case. With all strain data, joint reaction force data,
displacement of the femoral head, deflection of the shaft and muscle activation and
force data for all models comparing favourably to previous studies any one of them
could be deemed appropriate for further studies.
When comparing the results from this study and the study conducted by Phillips
(2009) the results do not compare favourably. This study indicates that using a
non-linear approach does not affect the strain on the cortex of the femur, and
does not significantly affect the joint reaction forces or displacement of the femoral
shaft or head, whereas the study by Phillips (2009) shows that these differences do
occur. The reason for the differences may be due to the non-linear criteria used in
Phillips (2009) study. Instead of the non-linear force displacement graph reaching a
maximum force and displacement at the same point as the linear graph, it was set
to an alternative point, therefore significantly altering the stiffness characteristic
of every muscle. As a result, the study was examining the effect of an alternative
muscle stiffness as opposed to a linear versus non-linear modelling approach.
The study by Phillips (2009) therefore highlighted the importance of estimating
the correct stiffness of the muscle and indicated what effect changing this might have.
103
In conclusion, this sensitivity study has shown that the model is not significantly
affected by the change in muscle activation dictated by the force-displacement
relationship. Slight differences do occur but can be accounted for by the slight
changes in muscle force-displacement characteristics.
3.8 Summary
In summary, in this chapter a free boundary condition model has been developed,
it has been compared to previous advanced fixed boundary condition models and a
sensitivity study has been conducted to assess the activation of the muscles within
the model.
The free boundary condition model has been shown to be an invaluable tool.
With only the use of body weight information and an estimation of muscle stiffness
characteristics, based on the Hill type musculoskeltal model (Zajac, 1989), the
model found an equilibrium point at which the results for single leg stance compare
favourably to in vivo data (Bergmann et al., 2001, 2010; D’Lima et al., 2005;
Taylor et al., 1996). The model offers the advantage of providing the results for the
complete musculoskeletal region associated with the femur, an alternative approach
of predicting muscle forces, and the potential to develop the model to include the
whole lower limb.
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Chapter 4
Experimental Modelling
4.1 Introduction
In order for a finite element model to be a useful tool it must first be
validated. Validation is the process of determining the predictive capability
of computational models by comparison to experimental data (Anderson et al.,
2007). A computational model can be validated through experiments, validation
metrics and accuracy assessment. The sole purpose of experimental validation is
to produce data for comparison with computational model predictions. Validation
metrics are mathematical measures of the difference between computational
predictions and experimental results. Accuracy assessment uses statistical tests to
assess significance between results (Anderson et al., 2007).
A popular method of validating finite element models is to conduct an equivalent
in vitro experimental study. In vitro testing should provide a comparative study
to that of the in vivo situation in a controlled environment, outside the living
organism. Experimental validation of the femur, consists of performing a set
of well-defined experiments on a bone, simulating these experiments on a finite
element model based on the same bone, and comparing the mechanical behaviour
of the physical bone with that of the model (Stolk et al., 2002).
4.2 Literature Review
In the last three decades many experimental in vitro studies have been carried out
to validate finite element models of the lower limb, including the femur, the tibia
and the pelvis (Huiskes and Chao, 1983; Stolk et al., 2002; Taddei et al., 2006;
Lengsfeld et al., 1998; Gray et al., 2008, 2007; Dalstra et al., 1995; Anderson et al.,
2005). The validation experiments generally take the form of measuring surface
strains and displacements under a variety of loading conditions, applied using a
materials testing machine. These strains and displacements are then compared
with a finite element model created to simulate the experiment.
McLeish and Charnley (1970) conducted one of the earliest femur experiments,
applying a static equilibrium approach to measure the forces and moments for
the hip joint reaction and grouped abductor muscles. The loading characteristics
defined have since been widely used to inform the design of new experimental set ups.
Cristofolini (1997) wrote a critical review which thoroughly evaluated the
published loading scenarios used when conducting an experimental investigation
of the proximal femur. The most common set-up, which accounts for 44% of the
literature reviewed, only included the hip joint reaction force, applied at varying
degrees of adduction. The second most common set-up also included the action
of the abductor muscles; these were mainly represented as a grouped single force
with varying angles of incidence and magnitude. Fourteen percent of the reviewed
literature additionally included the action of the iliotibial tract. Beyond this, few
experiments simulated a system of more than three forces.
Modern methods of applying loading forces to the femur are demonstrated
by, among others, Simoes et al. (2000), Szivek et al. (2000), Stolk et al. (2002),
Britton et al. (2003), Ostbyhaug et al. (2009) and Dickinson et al. (2011). Many
experiments were based on a cantilever system where a force representing body
weight was applied off-set from the femoral head. This, in turn, applied a combined
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joint reaction force and and abductor muscle force (Szivek et al., 2000; Stolk
et al., 2002; Britton et al., 2003; Ostbyhaug et al., 2009; Dickinson et al., 2011).
This can be seen clearly in a number of set-ups, the details of which are given below.
Szivek et al. (2000) conducted a study to evaluate the strains in the proximal
and mid-diaphysis of the femur when incorporating lateral muscle loads as well as
head and abductor muscle loads. The experimental set-up, Figure 4.1, was such
that a servo-hydraulic test machine was used to apply a 1030 N force to a fixture,
which, in turn, applied an interdependent head and abductor load. The head load
acted through a polyethylene bearing and the abductor load acted through an H
frame on a transcortical steel rod placed through the greater trochanter. As a result
of the forces being applied off-centre when the fixture was loaded, the head load
and trochanter load angles increased. The vastus lateralis and iliotibial band forces
were simulated by attaching a cable at the point of insertion and running this along
the correct line of action with the aid of a turnbuckle: a device for adjusting the
tension of the length of a cable.
Figure 4.1: A diagram showing the experimental set-up used by Szivek et al.
(2000) (Figure 1)
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Britton et al. (2003) also conducted an experiment using a cantilever set-up. The
study was conducted to examine the effect of including muscle forces in fatigue tests
on cemented total hip arthroplasty reconstructions. The experimental set-up was
based on two linked levers acting in series. A load was applied to the primary lever
(Fl), with the femoral component head acting as the fulcrum. The primary lever was
allowed to translate, within limits, in the transverse and coronal planes, resulting in
the head of the femoral component not being constrained in the horizontal plane.
The secondary lever distributed the muscle forces (Fr and Fv) and was free to
pivot on a pin joint, ensuring that the experimental device was not over constrained.
Figure 4.2: Two-dimensional schematic of the experimental rig used by
Britton et al. (2003) showing the basis of operation (Figure 1)
To simulate the muscles, Britton et al. (2003) used woven, ultra-high strength
polyethylene straps, bonded to the femur using high strength epoxy adhesive.
Straps were selected as the best way to imitate the non-localised attachment of
muscle tissue to bone. The straps were connected to both ends of the secondary
lever. To ensure that the vastus lateralis muscle acted downwards, a pulley was
used. Figure 4.3 shows a picture of this set-up.
Stolk et al. (2002) conducted an experiment to validate two finite element
models representing cemented total hip replacement reconstructions. Their set-up
consisted of a cantilever system that applied both a hip joint contact force to
the femoral head and an abductor force to a circular epoxy disc, mounted on the
greater trochanter. The direction of the abductor force was fixed at 40◦ relative to
the femur long axis.
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Figure 4.3: A picture showing the method of applying muscle forces used
by Britton et al. (2003) (Figure 3)
Simoes et al. (2000) conducted an experiment to analyse the influence of muscle
action and a horizontally constrained femoral head on the strain distribution
within the intact femur. A rig was specifically designed and built to apply the
joint reaction force and muscles forces, Figure 4.4. The femoral head load was
applied through a screw connected to a polyethylene socket and the muscle forces
were exerted by gravity through weights. The weights were attached to metallic
straps which were, in turn, connected to metallic plates screwed onto the femur.
The whole rig was then surrounded by a frame structure, on which pulleys were
positioned in order to load the muscles in the required direction.
An additional consideration, when constructing an experimental model,
is the method of fixation. As previously discussed in Section 3.3, in finite
element modelling the femur is commonly restrained at either the mid-diaphysis,
distal-diaphysis or femoral condyles. This is also true for experimental models.
In an experimental set-up, this is usually achieved by embedding the femur in a
fixed position in a steel fixture, such as a pot, using a potting compound (such
as Cerrobend or polymethylmethacrylate) (Szivek et al., 2000; Stolk et al., 2002;
Munting and Verhelpen, 1995; Cristofolini et al., 2007). Simoes et al. (2000) used
an alternative method, fixing the femur distally by the femoral condyles, on a
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Figure 4.4: A diagram showing the experimental set-up used by Simoes
et al. (2000) (Figure2)
platform, allowing the position of the femur to be adjusted to the desired position.
A further alternative was used by Maher and Prendergast (2002) who clamped the
composite femur in a materials testing machine. Although these two methods do
not use a potting compound, the principal of fixation is still the same.
Finally, the choice of whether or not to use a cadaveric of synthetic femur is
also important. This has been discussed previously in detail in Section 3.4.1.
In summary, the literature has shown that a successful method of applying the
hip joint reaction force and abductor muscle force is by using a cantilever system.
The muscles can be attached to the bone either by bonding using strong adhesive,
or by screwing plates into the bone. Additional muscles force can then be applied
using weights. The bone can be fixed in a steel pot using bone cement, or can be
clamped in place. Taking the previous studies into consideration, fixed and free
boundary condition experimental rigs were designed.
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4.3 Strain Measurement Techniques
The irregular shape of bone makes it difficult to instrument, and measure accurately,
strain and displacement changes on the surface of the cortex. Various established
engineering methods have been adapted for use in biomechanical research. These
are described in more detail in the following sections.
4.3.1 Strain Gauges
Strain gauges are the most commonly used technique in biomechanical strain
analysis. In the decade 1986 to 1996 they were used in more than 90% of the
published experimental works (Cristofolini and Viceconti, 1997). The strain gauge
consists of a very fine wire or metallic foil arranged in a grid pattern. The metallic
grid is bonded to a thin backing, known as the carrier, which is attached directly to
the test specimen. The grid pattern is designed to maximise the amount of metallic
wire subject to strain in the parallel direction, and to minimise the effect of shear
strain.
The main advantage of strain gauges are their relative simplicity of use once
set up. The main disadvantages, however, lie in the difficulty of mounting them.
A lengthy protocol must be followed in order to adhere the gauge to the sample,
and, if the gauge is not properly mounted it will give false results. Due to the
irregular geometry and inhomogeneity of many biomechancial specimens, the use of
strain gauges can often lead to sporadic results with considerable strain variation
across a structure. An additional disadvantage of strain gauges is that they only
give discrete, point strain data results and do not give enough information to show
the full field strain pattern on the surface of a specimen.
4.3.2 Digital Image Correlation
Digital Image Correlation (DIC), or Speckle Stereo-Photogrammetry, is an image
analysis technique that enables non-contact full-field measurement of strains on
111
material surfaces under an applied deformation (Thompson et al., 2007). The
method requires a digital imaging system to record images on the surfaces of
a specimen before and after deformation, tracking grey value patterns in small
neighbourhoods called subsets, during deformations (Figure 4.5). The processed
data relating to the images can then be compared, using image correlation and
processing algorithms, in order to determine the displacements and deformation
gradients. The correlation must be capable of correct image restoration in the
presence of geometrical distortion (Peters and Ranson, 1982). First, however, the
surface must be sprayed in order to attain a random speckle pattern. This speckle
pattern is described as ‘the reference speckle pattern’. After the object has been
deformed the resulting speckle pattern is known as ‘the deformed speckle pattern’.
Using this method, and two cameras, the displacement on a 3D specimen can be
calculated.
Figure 4.5: A diagram showing the grey value patterns, and subsets
(red), used during deformation in the digital image correlation
technique
This technique has only recently been introduced into biomechanical research.
Initial studies have shown that the process has the potential to be a useful alternative
to the use of strain gauges (Dickinson et al., 2011; Thompson et al., 2007; Hoc
et al., 2006; Hawes, 2005; Verhulp et al., 2004; Tayton et al., 2010). Thompson
et al. (2007) conducted a study to develop and validate a DIC-based method for
investigating the local mechanical conditions in soft tissue specimens. Slices of
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the specimen were coated with photocopier toner to create a speckled pattern.
They were then clamped in a rig and subjected to compressive deformations. To
calculate the displacement and strain fields, pairs of images were analysed using a
commercial DIC software package. This paper reported the first study using DIC
to characterise the local strains with a freshly harvested section of callus.
Hawes (2005) conducted a study examining the stability of proximal femoral
fractures and developed unique DIC software to examine the resulting strain
distribution. He, too, concluded that non-contact optical displacement and strain
measurement can provide a useful tool for assessing the biomechanical properties of
biological, or pseudo-biological specimens.
One of the challenges, when using digital image correlation, is how to compare
the results, statistically. Since the digital image correlation produces results over a
large area and not at specific points, as strain gauges do, a numerical comparison
method must be formed. Two methods which have been used successfully are
demonstrated by Tayton et al. (2010) and Dickinson et al. (2011). Tayton et al.
(2010) conducted an experiment examining the difference in strain distribution on
the surface of the femur, having implanted a titanium or carbon-fibre reinforced
plastic femoral prostheses. Using digital image correlation a strain map was
produced on the surface of the femur. A line was then superimposed onto the same
part of each femur between the calcar and the medial cortex to just below the tip
of the prosthesis. The line was divided into 8 equal sections and the minimum
principal strain was calculated for 80 consecutive points along this line. The mean
strain for each section was then calculated and the results were compared, using a
two-tailed student’s unpaired t-test, to a control femur.
Dickinson et al. (2011) conducted a recent study to assess the accuracy of the DIC
process on a proximal femur. A novel analysis technique for comparison between
a finite element and a DIC experimental model was employed. For both the finite
element and experimental models, strain values were calculated on the surface of the
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femur and the average nodal strains in fifteen 25 mm2 areas were recorded. These
were then compared using an R-squared regression test. DIC was shown to work
well as a method of strain measurement. However, limitations were highlighted
where large experimental errors occurred in specimen regions with a high degree of
curvature, such as the medial surface of the femoral neck. The equipment currently
available offers best results when the specimen is oriented normal to the cameras,
however, with specimens of changing geometry this cannot always be the case.
4.3.3 Thermographic Strain Analysis
Thermographic strain analysis (TSA) is based on the principal that stresses
produce radiant heat flux in a solid. If a specimen is loaded at a high frequency
the cumulative heat can be measured by a thermal camera. Kohles and Vanderby
(1997) used this technique to measure the surface strain distribution of cyclically
loaded canine femora. They reported a good correlation between the results using
TSA and results from using strain gauges.
The advantage of this technique is that, as with DIC, it is a non-contact full-field
measurement technique. The disadvantages include loading restrictions and coupled
strains that make individual strains less clear and more difficult to interpret (Kohles
and Vanderby, 1997).
4.3.4 Photoelastic Stress Analysis
Photoelastic stress analysis makes use of epoxy geometric femur equivalents, loaded
with the aim of producing strains similar to those produced in physiological
conditions. A polarised light is used to view the specimen. Stress within the
structure produces a set of coloured fringes which are directly related to the
principal stress in the model. Cotton et al. (1994) used this technique to investigate
whether hip fractures are caused by falling and breaking, or breaking and falling.
Unfortunately, this technique does have many limitations. Firstly, because only a
’slice’ of epoxy can be examined, only a two dimensional model can be obtained.
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Secondly, the model is based on a single material and therefore can only ever
represent homogeneous structures. Finally, the output is solely visual, meaning
no precise quantative results can be obtained (Hawes, 2005).
4.3.5 Summary
When measuring the strain on the surface of a biomechanical specimen with irregular
geometry, strain gauging continues to be the most commonly used and robust
method. New alternatives have been developed and show promising signs of being
viable, accurate, and potentially more useful and user-friendly than strain gauging.
In the last decade DIC has been the most widely developed method, offering full-field
strain measurement on any specimen.
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4.4 Verifying Digital Image Correlation
and Measuring Biomechanical Material
Properties
Digital Image Correlation has been shown to be a potentially viable method for
measuring strain on the surface of biomechanical test specimens (Hawes, 2005;
Dickinson et al., 2011). In order to verify this statement, and in-turn, to measure
the mechanical properties of synthetic cortical and trabecular blocks purchased from
Sawbones (Item 3401-03 and 1522-02, Sawbones, Pacific Research Laboratories
Inc., Sweden), the following study was conducted.
Three- and four-point bending experiments were carried out using samples of
the blocks. DIC (Vic-3D 2007, Correlated Solutions, Inc. Columbia) was used to
calculate the displacement and strain on the trabecular blocks. This was initially
compared to analytical calculations, and then finite element models of the blocks
were constructed and the results from these were compared to the equivalent
experimental set-up. Using the results, the mechanical properties of the synthetic
cortical and trabecular blocks were evaluated.
4.4.1 Specimen Selection
Sample blocks of synthetic trabecular and cortical bone were obtained from
Sawbones Inc. (Item 3401-03 and 1522-02, Sawbones, Pacific Research Laboratories
Inc., Sweden). These blocks are used as an alternative to human cadaver bone
to provide uniform test procedures with a sample which is reported to have the
same physical properties as real bone. The test blocks have uniform and consistent
physical properties, thus eliminating the variability which occurs when testing with
human cadaver bone. As such, the blocks have the advantage of providing a more
reliable and consistent test set-up than those achieved using cadaveric specimens.
The material properties of the synthetic cortical and trabecular blocks were selected
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based on data provided by Sawbones Inc. (Sawbones, Pacific Research Laboratories
Inc., Sweden). Table 4.1 displays these properties.
Table 4.1: Material properties of composite bone
Bone Compressive
Strength
(MPa)
Compressive
Modulus
(MPa)
Density
(g/cc)
Shear
Strength
(MPa)
Shear
Modulus
(MPa)
Cortical 157 16700 1.64 N/A N/A
Trabecular 4.9 123 0.24 2.8 33
4.4.2 Cortical Block
The cortical block was examined using an experimental and an analytical technique.
4.4.2.1 Method
• Experimental Method
Synthetic cortical sheet made of short-fibre-filled-epoxy, measuring
180× 40× 4 mm was used. Three- and four-point bending tests were carried out on
each sample. For each test the samples were simply supported by two cylindrical
steel supports 10 mm in diameter, spaced 150 mm apart. The loading for the
three-point bending was applied to the centre of the beam using a cylindrical nose,
having the same diameter as the supports. For the four-point bending, loading was
applied by two cylindrical noses, having the same diameter as the supports, spaced
50 mm apart. Diagrams showing these set-ups are shown in Figure 4.6. The tests
were carried out in an INSTRON 5866 Universal Test Instrument (INSTRON Co.,
Norwood, MA, USA); the load cell used for the experiment was a 10 kN load cell
designed for use with the machine. Loading for the three-point bending was applied
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at a rate of 10 N/min up to a maximum load of 50 N. Loading for the four-point
bending loading was applied at a rate of 20 N/min up to a load of 100 N.
L
P
(a) Three point
L
P/2 P/2
a
(b) Four Point
Figure 4.6: A diagram showing the cortical block experimental loading
conditions for the three- (a) and four- (b) point bending tests
Where:
P = applied load
a = distance between two load applicators (50 mm)
L = distance between two supports (150 mm)
Three samples were tested for both three- and four-point bending with tests
being repeated three times each. This resulted in a total of 9 repeats for each test.
A resting period of 5 minutes was included between each test. During loading the
Instron was set to record force-displacement data for all samples.
• Analytical Method - Beam Bending Theory
The results from the experimental set-up were first compared to analytical
results, and were then used with the experimental results to calculate the Young’s
Moduls of the sample. For this, Euler Bernoulli Beam Theory was used.
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Euler Bernoulli Beam Theory is based on the theory of elasticity and describes
the relationship between the applied load on a beam and its resulting deflection.
This theory assumes a pure bending moment. Therefore deformation is produced
through bending only and no shear component is included. The fundamental
Euler-Bernoulli equation is shown in Equation 4.1. This theory is suitable for thin
samples such as the cortical sheet and was therefore used to calculate the analytical
maximum displacement for the three- and four-point bending tests. The equations
for deflection under three- and four-point bending are given in Equations 4.2 and
4.3 respectively.
δ2
δx2
(
EI
δ2w
δx2
)
= P (4.1)
w =
PL3
48EI
(4.2)
w =
23PL3
648EI
(4.3)
Where:
E = Young’s modulus
I = second moment of area of test specimen
w = displacement
P = applied load
L = distance between supports
In addition to the maximum displacement, the maximum moment, stress
(Equation 4.4) and strain (Equation 4.5) of the samples were also calculated.
σ =
|Mmax|y
I
(4.4)
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 =
σ
E
(4.5)
Where:
σ = bending stress
M = moment about the neutral axis
y = the perpendicular distance to the neutral axis
I = second moment of area
 = strain
• Material Property Calculation
Using the force-displacement data from the experiment, the average gradient
for each sample was calculated. This was then used, with the re-arranged
Euler-Bernoulli equation for maximum displacement, to estimate the Young’s
modulus of the samples.
4.4.2.2 Results
Table 4.2 shows the analytical three- and four-point bending results, including the
maximum displacement, moment, stress and strain for the cortical sheet.
Table 4.2: Analytical three-point and four-point bending results for the
Cortical Sheet
Result Three-Point Four-Point
Maximum Displacement (mm) -0.9868 -1.681
Maximum Moment (Nmm) -1875 -2500
Maximum Stress (N/mm2) 17.578 23.438
Maximum Strain (µ) 1052.58 1403.44
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Using the force-displacement data generated during the experimental test, the
average gradient of the force-displacement graph for each sample was calculated.
For cortical Sample 1 the average gradient was 25.868 N/mm, for Sample 2 it was
25.432 N/mm and for Sample 3 it was 25.462 N/mm. Using this data and the
analytical maximum displacement, the estimated Young’s modulus for each sample
was calculated and is shown in Table 4.3.
Table 4.3: Experimental calculation of Young’s modulus for the cortical
sheet
Sample Number Cortical Young’s modulus (N/mm2)
1 8526
2 8382
3 8392
4.4.2.3 Discussion and Conclusion
Using the experimental and calculated analytical data, the resulting Young’s
modulus was significantly lower than that quoted by Sawbones Inc. (Sawbones,
Pacific Research Laboratories Inc., Sweden) and studies funded by Pacific Research
laboratories inc. (Heiner, 2008; Chong et al., 2007b,a). A possible reason for the
lower Young’s modulus value may be that the stiffness of the loading device was not
accounted for in the equation. By measuring the gradient of the force-displacement
graph without removing the effect of the loading device, the measured displacement
may have been larger than the actual displacement of the specimen, therefore
resulting in an underestimated Young’s modulus calculation. However, due to the
low load used in this experiment, it is expected that the effect of the loading device
was not significant. In addition, in this experiment, the flexural modulus was
calculated and compared to the compressive modulus. The flexural modulus is a
measure of the tendency of the material to bend and is a factor of compressive and
tensile modulus. Flexural modulus is usually higher than compressive modulus, but
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lower than tensile modulus. In this case the flexural modulus was much lower than
the quoted compressive modulus, again indicating an error in the stated material
property.
Heiner (2008) conducted a series of biomechanical tests on six fourth-generation
composite femurs, including a four-point bending test. No specific details of the
results were specified but a compressive elastic modulus of 16.6 GPa was stated,
showing an increase in compressive elastic modulus from the third-generation model
which was 7.6 GPa. The fourth-generation model was developed with an altered
cortical bone analogue material to provide better fracture and fatigue resistance,
but also to increase tensile strength and modulus, compressive strength and
modulus, thermal stability and moisture resistance (Pacific Research Laboratories,
Inc., 2007). The results show that, potentially, this altered material configuration
has not increased the compressive elastic modulus as much as has been quoted.
This study has shown the cortical sheet to have a lower Young’s modulus than
that specified by the manufacturer. This indicates that in future experiments using
the synthetic biomechanical femurs, caution should taken in using the quoted values
and further experiments should be carried out to investigate the biomechanical
properties of the femurs. When trying to validate an experiment using finite
element method, the correct material property must be used in order to ensure an
accurate match up.
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4.4.3 Trabecular Block
4.4.3.1 Method
• Experimental Method
Synthetic trabecular blocks made of solid, rigid polyurethane foam, with
dimensions 180×40×40 mm, were used. Three- and four-point bending experiments
were carried out, using the same set-up and protocol as used in the cortical
block experiments, Section 4.4.2.1, with adjusted loading scenarios suitable for the
alternative material. Diagrams showing the loading points are shown in Figure 4.7.
For the three-point bending test, loading was applied at a rate of 50 N/min up to a
total load of 200 N, and for the four-point bending loading was applied at a rate of
100 N/min up to a total load of 400 N.
L
P
(a) Three point
L
P/2 P/2
a
(b) Four Point
Figure 4.7: A diagram showing the trabecular block experimental loading
conditions for the three- (a) and four- (b) point bending tests
Where:
P = applied load
a = distance between two load applicators (50 mm)
L = distance between two supports (150 mm)
As well as the force-displacement data being recorded using the Instron, to
measure the displacement and strain of the trabecular samples, Digital Image
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Correlation (DIC) was used. A speckle pattern was applied to the surface of
the samples using spray paint. For the three-point bending test, photographs
were taken at intervals of 50 N, using commercial software VicSnap, and for the
four-point bending, pictures were captured at intervals of 100 N. The data was then
processed using commercial software Vic3D (Vic-3D 2007, Correlated Solutions,
Inc. Columbia). The raw data was extracted from Vic3D and analysed using Matlab.
• Analytical Method
An alternative beam theory to that of Euler-Bernoulli is Timoshenko beam
theory. This theory accounts for shear deformation, making it more appropriate for
calculating the behaviour of short beams and sandwich composite beams. Shear
effects become important when a high degree of accuracy is required and for beams
with length to thickness ratios of less than 15 for isotropic materials (Aldraihem
et al., 1997). Accounting for the shear effects results in a lower stiffness of the beam
and higher deflection under a static load.
Due to the fact that the length to thickness ratio of the trabecular blocks
sampled were less than the critical value of 15, Timoshenko beam bending theory
was used to calculate the analytical maximum displacements at mid-span. The
equations used for three- and four-point bending were 4.6 and 4.7 respectively. As
well as the maximum displacement, the maximum moment, and stress and strain
of each block were also calculated.
w =
PL3
48EI
+
PL
4κGA
(4.6)
w =
23PL3
648EI
+
PL
3κGA
(4.7)
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Where:
P = applied load
L = distance between two supports
E = Young’s modulus
I = second moment of area of test specimen
w = displacement
G = shear modulus
A = cross sectional area
κ = Timoshenko shear coefficient, usually 5/6 for rectangular sections
Finite Element Method
Finite element models of the trabecular blocks were created, using Abaqus
(version 6.8, Dassault Systemes Inc., Velizy-Villacoublay, France). Following the
data provided by Sawbones Inc., a Young’s modulus of 123 MPa and Poisson’s ratio
of 0.3 were selected. Models were created using four-noded linear, solid tetrahedral
elements. An unstructured mesh technique was used to generate the mesh. An
initial sensitivity study was carried out to ensure that an accurate mesh density,
with sufficient elements, was used. The mesh contained 289600 elements.
Loading was applied to each of the models, in accordance with the three- and
four-point bending technique experiments. For the three-point bending a pressure
load was applied to a 1 × 40 mm strip across the top of the beam located at the
centre. For the four-point bending, loading was applied to two 1 × 40 mm strips
located 65 mm in from each end of the beam. Reaction forces were also applied
to two 1 × 40 mm strips located 15 mm in from the ends of the beam, on the
under-side. Table 4.4 shows the forces applied to each of the models.
The boundary conditions applied were in accordance with the three- and
four-point bending tests. Vertical restraints were applied along lines representing
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Table 4.4: Total forces applied to each model
Model Applied Load
(N)
Pressure Load
(N/mm)
Reaction
Force (N)
Pressure Reaction
force (N/mm)
Three Point 200 5 200 2.5
Four Point 400 5 400 5
the supports, a horizontal restraint was applied along the line of one support,
and transverse restraints were applied at two points at the end of each line of supoprt.
• Statistical Match-Up Method
Using the method developed by Dickinson et al. (2011), strain values were
calculated on the surface of the samples from both the finite element results and
the experimental. The average maximum and minimum principal strains, over a
series of 25 mm2 areas, were recorded. A linear regression slope was then plotted,
showing the relationship between the finite element and experimental results.
• Material Property Calculation
Using the force-displacement data, the average gradient for each sample was
calculated. This was then used with the re-arranged Timoshenko equation for
maximum displacement to estimate the Young’s modulus of the samples.
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4.4.3.2 Results
Table 4.5 shows the analytical three- and four-point bending results, including the
maximum displacement, moment, and stress and strain for the trabecular blocks,
calculated using Timoshenko beam theory.
Table 4.5: Analytical three- and four-point bending results for the
trabecular block
Result Three Point Four Point
Maximum Displacement (mm) -0.7063 -1.140
Maximum Moment (Nmm) -7500 -10000
Maximum Stress (N/mm2) 0.703 0.9375
Maximum Strain (µ) 5716.46 7621.95
Figures 4.8 to 4.11 show examples of the finite element and DIC strain plots
generated, using Matlab, from the three- and four-point bending tests respectively.
The black squares show the areas over which the maximum and minimum principal
strains were averaged for use in the regression analysis. Figures 4.12 and 4.13
show the results of the regression analysis, including the equation of the line and
R-squared value for each block.
Tables 4.6 and 4.7 show the measured maximum displacement, for the three-
and four-point bending tests, using DIC.
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(a) Finite Element
(b) DIC
Figure 4.8: Graphs showing the maximum principal strain (µ) results for
three-point bending (a) and (b)
(a) Finite Element
(b) DIC
Figure 4.9: Graphs showing the minimum principal strain (µ) results for
three-point bending (a) and (b)
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(a) Finite Element
(b) DIC
Figure 4.10: Graphs showing the maximum principal strain results (µ) for
four-point bending (a) and (b)
(a) Finite Element
(b) DIC
Figure 4.11: Graphs showing the minimum principal strain (µ) results for
four-point bending (a) and (b)
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Figure 4.12: Three-point bending regression analysis (a), (b) and (c)
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Figure 4.13: Four-point bending regression analysis (a), (b) and (c)
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Table 4.6: Three-point bending measured maximum displacement using
DIC
Block
Number
Max.
Three-Point
Displacement
(mm)
Mean Average
Maximum
Displacement
(mm)
Standard
Deviation (mm)
1 -0.804 -0.790 0.01311
-0.788
-0.778
2 -0.828 -0.822 0.00681
-0.815
-0.825
3 -0.729 -0.703 0.02268
-0.686
-0.695
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Table 4.7: Four-point bending measured maximum displacement using DIC
Block
Number
Max. Four-Point
Displacement
(mm)
Mean Average
Maximum
Displacement
(mm)
Standard
Deviation (mm)
1 -1.137 -1.107 0.03213
-1.073
-1.110
2 -1.164 -1.107 0.03213
-1.112
-1.109
3 -1.030 -0.998 0.03151
-0.997
-0.967
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Table 4.8 shows an overall comparison of the mean average maximum
displacement of the trabecular block for the three methods: analytical, finite element
and DIC, and the maximum displacement of the Instron for three-point bending.
Table 4.8: Comparison of maximum displacement (mm)
Method Analytical Finite Element DIC Instron
Three-Point 0.706 0.786 0.771 0.843
Four-Point 1.140 1.158 1.062 -
• Material Property Calculation
The graph in Figure 4.14 shows an example of the force displacement output for
one typical sample of trabecular block.
Figure 4.14: Force displacement results for trabecular block number 1 under
three-point bending
The gradient of each force displacement graph under three-point bending was
calculated and the results are shown in Table 4.9.
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Table 4.9: Gradient of each force displacement graph under three-point
bending
Sample Number Test Number Trabecular Gradient (N/mm)
1 1 238
1 2 235
1 3 231
2 1 229
2 2 230
2 3 232
3 1 234
3 2 230
3 3 232
The average gradient, under three point bending, for trabecular Sample 1
was 234.66 N/mm, for Sample 2 it was 230.33 N/mm and for Sample 3 it was
232.00 N/mm. Using these values and the re-arranged Timoshenko equation for
maximum displacement, the Young’s modulus of the samples was calculated. These
results are shown in Table 4.10.
Table 4.10: Experimental calculation of Young’s modulus
Sample Number Young’s modulus (MPa)
1 112.167
2 110.097
3 110.896
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4.4.3.3 Discussion and Conclusion
Qualitatively, the measured experimental and finite element principal strain
patterns compare very favourably, showing the same areas of high and low strain.
However, at the very edge of the blocks, and in the areas where load was applied,
it was harder to obtain clear, accurate DIC strain readings and errors may have
occurred. Visually, there was a large difference between the strain distribution
around the loading points between the finite element and DIC models. The reason
for this may have been due to the surface of the specimen not being exactly
perpendicular to the loading device in the experiment, and the loading device
embedding into the specimen, this would, and has, resulted in larger displacements
in the area surrounding the loading device. In the finite element model the load
was applied evenly perpendicular to the surface of the specimen. Being able to
produce an experimental contour plot of strain is one of the main advantages of
using DIC over strain gauges.
Quantitatively - using the statistical match-up method of selecting specific
25 mm2 areas, averaging the strain over this area, and then comparing it to the same
area on the finite element plot - the two techniques were also in positive agreement.
For the three-point bending, the linear regression functions were in the range from
y = 0.865x− 2x10−5 to y = 1.0561x− 6x10−5 and the R-Squared regression values
consistently higher than 0.97. For the four-point bending, the linear regression
slopes were in the range from y = 0.8382x − 5x10−5 to y = 0.9817x − 8x10−5 and
the R-Squared regression values were higher than 0.96 for all tests. Any differences
between the blocks may have arisen due to slightly different size measurements.
Dickinson et al. (2011) used the same method to validate a finite element
model of the proximal femur. They noted that at lower strain values there was
a greater degree of scatter which might have been due to a small signal to noise ratio.
In addition to the finite element and DIC principal strain correlation, the
maximum deflections predicted by the finite element, analytical and DIC also
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compare favourably. The maximum deflection measured using DIC for the
four-point bending test was slightly lower than that calculated using finite element
and analytical methods. This may have been due to assumptions used about the
biomechanical test block material properties, the loading and boundary conditions
in the finite element model, and slight size differences in the blocks. Additionally,
the maximum displacement of the loading device was only slightly larger than
the measured maximum displacements, indicating that there was not a significant
amount of displacement taking place within the loading device, therefore affecting
the Young’s modulus calculation.
The Young’s modulus calculated for the trabecular blocks was only slightly
lower than that specified by the manufacturer. This difference may have arisen in
the manufacturing process, or within assumptions used during the calculations.
The difference is not significant enough to raise concern.
In summary, DIC has been shown to be a viable method for measuring strain
on the surface of biomechanical specimens, producing full-field strain plots. The
statistical match-up method has been shown to be a useful method for quantitatively
comparing finite element and experimental results. The Young’s modulus stated for
the trabecular part compares well to that stated by the manufacturer.
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4.5 Femur Experiments
In order for a finite element model to be a useful tool it must first be
validated. Validation is the process of determining the predictive capability
of computational models by comparison to experimental data (Anderson et al.,
2007). A computational model can be validated through experimental comparison,
with validation metrics and accuracy assessment. The purpose of a validation
experiment is to produce data for comparison with computational model
predictions. Validation metrics is a mathematical measure of the difference between
computational predictions and experimental results. Accuracy assessment uses
statistical tests to assess significance between results (Anderson et al., 2007).
A popular method of validating finite element models is to conduct an equivalent
in vitro experimental study. In the context of skeletal biomechanics, in vitro testing
should provide a study which can be compared to that of the in vivo situation in
a controlled environment outside of the living organism. Experimental validation
consists of performing a set of well-defined experiments on a bone, simulating these
experiments on a finite element model based on the same bone, and comparing the
mechanical behaviour of the physical bone with that of the model (Stolk et al.,
2002). The mechanical parameters compared are typically the principal strains on
the bone’s surface.
Several studies have been carried out to experimentally validate biomechanical
finite element models. These include models of the femur (Huiskes and Chao, 1983;
Lengsfeld et al., 1998; Stolk et al., 2002; Taddei et al., 2006), models of the tibia
(Gray et al., 2007, 2008), and models of the pelvis (Dalstra et al., 1995; Anderson
et al., 2005). The validation experiments generally take the form of surface strains
and displacements being measured under a variety of loading conditions, applied
using a materials testing machine. These strains and displacements are then
compared with a finite element model created to simulate the experiment.
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The following sections detail experimental modelling of the femur. An
experiment was first conducted with the femur in a fixed boundary condition
position. Strain results were recorded using DIC and were compared to finite element
analysis results. From this, and along with the results from the trabecular block
experiments, DIC was confirmed as a viable technique to measure the strain on the
surface of a femur. The same technique was then applied to measure the strain on
a reduced muscle set free-boundary condition model.
4.5.1 Specimen
As discussed in section 3.4.1, fourth-generation medium left composite femurs,
purchased from Pacific Research Laboratories, Inc. where chosen. This was to
ensure exact comparison between the finite element, structural and experimental
studies.
4.5.2 Fixed Boundary
An initial fixed boundary condition experimental study was conducted to further
confirm DIC as a viable method for measuring strain; and in this case specifically
on the surface of a femur. Many experimental studies have been conducted on fixed
boundary condition models, therefore the DIC results could also be compared to
validated models. Once the DIC was verified for a fixed femur a reduced muscle-set
free boundary condition experimental model could be evaluated using digital image
correlation.
4.5.2.1 Method
• Rig Design
A rig was designed such that the synthetic composite femur was mounted
in a stainless steel pot, held in position at the distal condyles at an abduction
angle of 10◦ using Simplex bone cement (Kemdent, Associated Dental Products,
Swindon, UK). Loading was applied through a loading device simply representing
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a hemipelvis, where the hip joint reaction force was applied through an equivalent
acetabulum and was coupled with the action of the abductor muscles. The loading
characteristics were based on those defined by McLeish and Charnley (1970) and
were similar to those used by Ostbyhaug et al. (2009); Stolk et al. (2002); Dickinson
et al. (2011); Szivek et al. (2000) and Tayton et al. (2010).
The device consisted of a metal plate with an acetabular component mounted
on the underside which articulated with the head of the femur. Rubber was used
to line the metal acetabular component to create a more even loading distribution
between the loading device and the femoral head, and to act crudely in the manner
of cartilage. The centre of the acetabular component was positioned 110 mm lateral
to the load axis. The load was applied to the topside of the metal plate through a
ball, preventing rigid constraint. The loading device used was an INSTRON 5866
Universal Test Instrument (INSTRON Co., Norwood, MA, USA), and the load cell
used for the experiment was a 10kN load cell designed for use with the machine.
The actions of the abductor muscles were applied using a 25 mm nylon strap
bonded to the greater trochanter using a high strength epoxy adhesive (Redux
810 A/B, Hexcel Composites ltd. Hexcel Corporation, Stamford). The strap was
attached to the metal loading bar at a distance of 50 mm lateral to the centre of the
acetabular component and was orientated at an angle of 15◦ to the vertical. When
a 700 N force, equivalent to body weight, was applied through the Instron loading
device, a calculated 2058 N joint reaction force was applied as well as a coupled
abductor force of 1374 N. A photograph of this loading set-up is shown in Figure 4.15.
• Specimen Orientation
To ensure accurate positioning of the femur at the correct abduction angle, a
bone locator was designed, using Computer Aided Design (CAD). This took the
exact shape of the bone at the specific position from SolidWorks (SolidWorks Corp.,
MA, USA) and created a mould of it. The mould was then rapid prototyped. The
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Figure 4.15: Photograph of the fixed boundary condition experimental
loading device
CAD component is shown in Figure 4.16 and was used to hold the bone in position
whilst the bone cement set.
Figure 4.16: The bone locator, designed for exact correlation between FE
and experimental analysis
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Once the bone cement was set, the position of the bone was checked, using a
Digitising Arm. The digitising arm used was a FARO Gage (FARO Europe GmbH.,
Munich, Germany), having a quoted accuracy of up to ±0.005 mm. A needle probe
was used which reports 3D position at the end of the probe. A picture of the
digitising arm is shown in Figure 4.17.
Figure 4.17: The FARO Gage digitising arm
Six hundred and fifty points were taken on the surface of the femur. These
points were then used to create a point cloud, representation of the femur in
RHINOCEROS (Robert McNeel & Associates, Seattle, WA, USA). The CAD
representation of the original femur was then orientated to match the point cloud
ensuring accurate comparison between the finite element and experimental model.
• Test Protocol
The following protocol was used for the fixed boundary condition experiment.
The experiment was repeated three times to ensure accurate results.
• Install 10KN load cell in Instron
• Calibrate load cell
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• Attach compression kit load attachment
• Accurately position rig and clamp equipment in place
• Assemble DIC
• Calibrate DIC
• Cyclically load femur to 1 KN ten times
• Take two initial, neutral position, pictures using the DIC for reference
• Load to 0.7 KN at a rate of 0.2 KN/min, taking photos approximately every
50 N
• Hold load at 0.7 KN for 20 minutes taking photos every 2 minutes
• Return load to 0 N
• Export load and displacement data from Instron, Export DIC data
• Process results
• Comparative Finite Element Model
A finite element model was developed as a direct comparison to the experimental
model. The geometry and mesh used were the same as those described in Sections
3.4.1 and 3.4.3. Using the data collected with the FARO Gage (FARO Europe
GmbH., Munich, Germany) digitising arm, a point cloud representing the
orientation of the experimental femur was created. The geometry of the finite
element femur was then rotated to match the point cloud produced, ensuring
that both the experimental and finite element model were positioned at the same
orientation. The Faro arm was also used to measure the location which the bone
cement reached on the shaft of the femur. Below this line a boundary condition was
implied, where all surface cortical points were constrained in the three translational
directions.
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Following on from the material property calculations of the biomechanical
blocks, (Section 4.4) a separate study was conducted in order to measure the
Young’s modulus of the cortical section of the composite femur. Using BSI ISO
178:1993, Plastics - Determination of Flexural Properties, a three-point bending
test was conducted on three specimens cut from the shaft of the synthetic femur,
following completion of the experimental tests. The specimens were: length
80 ± 2 mm, width 10.0 ± 0.2 mm and thickness 5.0 ± 0.2 mm. The three-point
bending rig was set such that the span was 64 ± 1 mm with the three point loading
device located at the mid point. The specimens were loaded at a rate of 2 mm/min
up to a maximum load of 70 N. For each specimen the experiment was repeated
five times.
The results of BSI ISO 178: 1993 showed that the mean average Young’s modulus
of the three cortical sections tested was 10.53 GPa. This, again, is significantly
lower than that quoted by the manufacturer, Sawbones inc. (Sawbones, Pacific
Research Laboratories Inc., Sweden). As mentioned in Section 4.4.2.3, a possible
reason for the lower calculated Young’s modulus was due to not accounting for
the movement of the loading device within the calculation. However since the
maximum displacement and load were very low, approximately 0.4 mm, and 70 N
respectively, it was assumed that the displacement due to the loading device did
not significantly affect the calculation. Since the Young’s modulus has been shown
to be lower than the quoted value for both the cortical sheet and cortical sections
of the synthetic femur, it was decided to use a Young’s modulus of 10.53 GPa and
a Poisson’s ratio of 0.3 for the comparative finite element model.
SolidWorks parts of the equivalent acetabular structure for the experimental rig,
(see Figure 4.15), were imported and correctly aligned in the finite element model.
The metal parts were assigned a Young’s modulus of 201.5 GPa and Poisson’s ratio
of 0.3. A layer of material was added between the femoral head and the inside
of the metal cup, representing the rubber used in the experimental setup. This
was assigned a Young’s modulus of 50 MPa and Poisson’s ratio of 0.2. A tied
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condition was applied between the rubber and the metal acetabular part and a
sliding interference with hard normal contact was defined between the femoral head
and the front side of the rubber. The frictional coefficient assigned at this interface
was 0.5.
To represent the nylon strap used to mimic the action of the abductor muscles,
first a short experiment was conducted to measure the stiffness of the strap. Five
100 mm length strips were clamped in the Instron, with 25 mm of strap being held
at each end, and a free span of 50 mm between the clamps. Each strap was pulled
apart in tension at a rate of 2 mm/min. The force and displacement of the Instron
were recorded during the experiment, and from this the stiffness of the straps was
calculated. The stiffness ranged from 434.45 N/mm to 531.11 N/mm. The mean
average was 485.7 N/mm and the standard deviation 65.12 N/mm. The stiffness of
the strap was selected to be the mean average of 486 N/mm. The strap was then
included in the finite element model as a spring connector element running from
the attachment point on the bar, 50 mm lateral to the centre of the femoral head,
to a point on the greater trochanter chosen to represent the abductor origination:
a similar method to that used to represent muscles in the original free boundary
condition finite element model, as described in Section 3.6.1.
The finite element model was then subjected to a vertical force of 700 N -
representative of single leg stance - applied to the loading plate at a distance of
110 mm medial to the centre of femoral head.
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4.5.2.2 Results
The following Figures and Table show the results comparing the fixed boundary
condition finite element and experimental models. Figures 4.18 and 4.19 show the
maximum and minimum principal strain on the medial aspect of the femur, for the
finite element and experimental models.
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Figure 4.18: Medial aspect fixed boundary maximum principal strain plots
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Figure 4.19: Medial aspect fixed boundary minimum principal strain plots
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Figures 4.20 and 4.21 show the maximum and minimum principal strain on the
lateral aspect of the femur, for the finite element and experimental models.
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Figure 4.20: Lateral aspect fixed boundary maximum principal strain plots
(a) and (b)
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Figure 4.21: Lateral aspect fixed boundary minimum principal strain plots
(a) and (b)
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Figure 4.22: Fixed boundary condition principal strain regression analysis
medial (a) and lateral (b) aspects
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Figure 4.22 shows a regression analysis plot comparing the principal strain on
the medial and lateral aspects of the bone for the experimental and finite element
models. The points were calculated using the statistical match up method defined
in Section 4.4.3.
Table 4.11 shows the numerical regression analysis results
Table 4.11: Fixed boundary condition regression analysis results
Aspect Equation of line R-Squared
Medial y = 0.7627x− 0.001 0.93463
Lateral y = 0.6012x− 0.00001 0.96997
4.5.2.3 Discussion and Conclusion
Qualitatively, the measured strain patterns on the medial and lateral surfaces do
not compare that well. Many of the discrepancies were due to the narrow field of
view on the shaft of the femur. This was shown to a lesser extent in the trabecular
block experiments (Section 4.4.3), but without such significant effect due to the
larger specimen size and the shape of the specimen surface being in plane. With a
narrow plot, such as that of the shaft of the femur, and the 3D curved shape of the
femur, the ratio of edge error to reliable results is increased. For this reason, the
locations of the 25 mm2 match up areas were taken centrally down the length of
the shaft.
Quantitatively, the two techniques compared relatively favourably. The
linear regression relationship for the medial surface was y = 0.7627x − 0.001,
and for the lateral surface was y = 0.6012x − 0.00001, where y represents the
experimental principal strain value and x the computational principal strain value.
The R-Squared regression values were 0.93463 and 0.96997 respectively. These
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R-Squared values indicate a high level of confidence between the two techniques.
However, the linear regression slope results show that the digital image correlation
strain results were consistently lower than the computational strain results.
Additionally, when just considering the maximum principal strain contribution
or the minimum principal strain contribution the results do not follow the line
of the regression slope. When examining the maximum principal strain on the
medial surface, the spread of results for the DIC ranges from approximately 200 to
1200 µ, whilst the finite element results stay consistent at approximately 1000 µ.
This indicates that the there are limitations to the DIC at low strain levels and a
predicted confidence interval of the DIC system could be ± 500 µ.
The difference in the strain values may also be accounted for due to several
errors which were highlighted during the experiment and which may have caused the
lower strain results. These could be improved upon for the free boundary condition
experiment. They were:
• Creep occurred within the system
When the rig was held under constant load, the force-displacement data showed
evidence of large amounts of creep within the system; this was not quantified.
Following further investigation it was shown that the source of the creep was the
bone-cement fixation. Therefore, where it was thought that the bone was rigidly
fixed at the distal portion of the shaft, it was not and was constantly slowly moving.
This indicated that in a further experiment a fixation of this type should not be
used and an alternative, rigid fixation should be implemented instead.
• Abductor strap was too long
The abductor strap’s specific length was designed so that the loading device was
initially horizontal. This was, in hindsight, an error and in fact the strap needed to
be of a length so that the loading device was horizontal at maximum load, ensuring
all the correct forces and moments were acting through the rig. Because the strap
was too long the angle of the loading bar changed significantly during the experiment.
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This highlighted the fact that in future experiments the strap needed to either be
adjustable in length to make it shorter or longer during the experiment, or needed
to be shorter, initially. In the finite element model the loading device was also
initially set horizontally. The results, however, were not affected to the extent that
the experimental model was, as the loading bar angle did not change significantly.
• Loading through the ball was not stable
The loading was applied through the ball to prevent any specific constraint. This,
however, meant that during the experiment the ball could suddenly slip off the rig.
This became especially precarious due to the long abductor strap and high incline
of the loading bar. In future experiments this method of loading may need to be
reviewed.
The close comparison of the finite element and experimental models also
indicates that the correct, matching, material properties were used. If the higher,
manufacturer stated, cortical Young’s modulus had been used in the finite element
model, even lower strain values would have been reported and the two techniques
would not have compared as favourably.
In summary, the two techniques used - experimental and finite element - produced
results which compared favourably. Any differences in the results can be accounted
for by inexactness within the experimental set-up. The digital image correlation
produced full field plots of the surfaces of the medial and lateral sides of the shaft
of the femur. Errors were shown around the edge of the plot but centrally good
results were produced. The experiment highlighted the issues to be addressed for
any further investigation.
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4.5.3 Free Boundary
Having generated muscle force and strain distribution data from the free boundary
condition finite element model, the information was then used to inform the free
boundary condition experimental model. Muscle force of less than 10 N were
excluded and those exceeding 10 N were considered for use in the experimental
set-up. These included the abductor muscles (Gluteus Medius, Gluteus Minimus),
Gastrocnemius Lateralis, Pectineus and Piriformis. Other muscles included were
the Biceps Femoris Short Head, Rectus Femoris, Obturatus and the Iliacus. The
strain output from the experiment would then be directly compared back to an
equivalent finite element model, which should compare reasonably to the original
free boundary condition finite element model.
4.5.3.1 Method
• Rig Design
The design of the rig was split into two main parts. The loading device, including
muscular forces, and the mounting of the bone.
• Loading Device
A loading device was designed to represent a hemi-pelvis. Included in the
design was the action of the abductor muscles, the Rectus Femoris and the Iliotibial
band. The loading was carried out in a similar manner to that used in the fixed
boundary experimental model detailed in Section 4.5.2.1. The same basic features
included the metal plate, with the equivalent acetabular component mounted on
the underside, 110 mm lateral to the load axis. Due to the free nature of the rig,
the load equivalent to body weight was no longer applied only through a ball, but
instead through a ball and cup mounted onto the main loading bar of the rig. This
is highlighted in red in the photo shown in Figure 4.23.
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Figure 4.23: The loading ball, highlighted in red
The action of the abductor muscles was included in the same manner as in
the fixed boundary condition experiment. Following on from the strap being too
long in the fixed boundary condition experiment, a 25 mm strap was bonded
onto the surface of the greater trochanter, using high strength epoxy adhesive
(Redux 810 A/B, Hexcel Composites ltd. Hexcel Corporation, Stamford), and
was attached to the loading rig at a distance of 50 mm lateral to the centre of
the femoral head. This resulted in the abductor strap acting at an angle of 15◦ to
the vertical. A picture of the abductor strap is shown in a photograph in Figure 4.24.
The Iliotibial band, which originates from the pelvis as part of the Tensor Fasciae
Latae and inserts at the lateral condyle of the tibia, was included as a metal wire.
This ran from the loading bar to the base plate of the rig, equivalent to running
from the pelvis to the tibia in the physiological situation. Included in the line of
action of the wire were a turnbuckle and load cell, These could be used to control
and measure the load applied. The iliotibial band was set at a distance of 85 mm
lateral to the centre of the femoral head. A photo of the Iliotibial band configuration
is shown in Figure 4.25.
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Figure 4.24: The abductor strap, highlighted in red
METAL WIRE
TURNBUCKLE
LOAD CELL
Figure 4.25: The Iliotibial Band, highlighted in red
The Rectus Femoris originates from the anterior inferior iliac spine and inserts
into the patella tendon as one of the four quadriceps muscles. The patella tendon
inserts into the patella and then attaches to the tuberosity of the tibia. To recreate
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this in the experimental set-up a short bar was attached to the loading device on
the anterior side, replicating the point of the anterior inferior iliac spine. A wire
was taken from this point to a turning point representing the patella. From here
the wire ran through through a pulley system and weights were hung off the edge
of the rig, recreating the force in the muscle. Photographs of the Rectus Femoris
origin and insertion are shown in Figure 4.26, and a photograph of the pulley and
weight system used for the Rectus Femoris is shown in Figure 4.27.
The action of the Biceps Femoris short head was recreated in a similar manner
to the recreation of the action of the Rectus Femoris. A 25 mm wide strap was
bonded onto the surface of the femur, over an area of 30 mm, at the origination
point of the muscle on the distal linea aspera of the femur. Attached to this was
a wire running from the strap to a turning point representative of the lateral
condyle of the tibia, and from this, through a system of pulleys, weights were hung,
representing the muscle’s force. A photograph of the pulley and weight system used
for the Biceps Femoris is shown in Figure 4.27.
For both the Rectus Femoris and Biceps Femoris short head the wire used was
fishing wire (RIO Alloy hard saltwater tippet, RIO Products, Idaho Falls). This
was chosen because its small diameter and translucent properties allow minimal
disruption to the DIC system and maintain a maximum field of view.
• Specimen Mounting
In order to mount and ensure accurate positioning and orientation of the
bone in a similar manner to that used in the finite element model, the following
set up was used. To create the orientation of the femur at 10◦ of abduction
and 7◦ of flexion, based on the orientation used by Cristofolini et al. (1995),
the most distal portion of the femoral condyles were cut. The bone was then
glued onto a metal plate using high strength epoxy adhesive (Redux 810 A/B,
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Figure 4.26: The Rectus Femoris origin and insertion, highlighted in red on
the left and right respectively
Figure 4.27: The pulley and weight system used in the free boundary
condition experiment for the rectus femoris and biceps femoris
muscles
Hexcel Composites ltd. Hexcel Corporation, Stamford). A cone was screw-fixed
on to the underside of the plate. This cone could be positioned at a specific
point on the base plate of the rig, allowing both rotation and biaxial tilting of the
plate. A photograph of the plate and cone mounted in the rig is shown in Figure 4.28.
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Figure 4.28: The cone and plate on which the bone was mounted
• Loading Machine
The loading machine used was a INSTRON Satec KN Universal Test Instrument
(INSTRON Co., Norwood, MA, USA) with a 250 KN Load cell (Serial number
64701). Due to the size of the Instron, and safety concerns with the free nature of
the rig, the Instron was set to be displacement driven. This ensured that if the rig
were to alter position, thus changing the loading criteria, the Instron would not
continue to load, potentially catastrophically displacing much further than required
and potentially breaking the rig and/or the the synthetic femur, and so creating a
hazard for the user.
• Measuring Devices
Due to the free nature of the experimental rig five measuring techniques were
used to capture the strain, displacement, force and rotation of the femur and rig
during loading.
1. Digital Image Correlation (DIC)
DIC was used to measure the strain on the surface of the proximal medial
shaft, and the anterior and posterior regions of the neck. No results were
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taken using DIC on the lateral surface because the wire, turnbuckle and load
cell representing the iliotibial band obscured the view from the cameras.
2. Strain Gauges
Strain gauges were applied to the lateral surface of the femur. This was the
surface where strain could not be measured using DIC due to the obstruction
caused by the Iliotibial band structure. Strain gauges were not applied to
other surfaces of the femur because they would have prevented DIC being
used. One rosette gauge and two perpendicular gauges were used. The rosette
gauge was positioned at the most distal point of the greater trochanter. In
this area it is more difficult to predict the directionality of the strain, than in
the shaft, and therefore capture accurately the principal strain. The gauge
type used was GFRA-3-50 (TML strain gauges, Tokyo Sokki Kenkyujo Co.
Ltd., Tokyo, Japan), and the three gauges making up the rosette gauge
were oriented at 45◦ to each other. This gauge type was chosen because it
is designed to be used on plastics with similar properties to those of the
synthetic bone.
The two perpendicular gauges used were FLA-5-11 (TML strain gauges,
Techni Measure, Warwickshire, UK). They were positioned at 50 mm and
150 mm intervals below the initial gauge, at the most distal point of the
greater trochanter. Uniaxial gauges were chosen, since in the region of the
shaft it was presumed reasonable to predict the orientation of the principal
strains and therefore align the gauge in the correct direction.
All strain gauges were mounted using the specific protocol specified by the
manufacturer.
3. String Potentiometer
String potentiometers, or cable-extension transducers, are used to to detect
and measure the linear position and velocity of a specimen using a flexible
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cable and spring-loaded spool. They are composed of four main parts:
stainless steel cable, a spool, a spring and a rotational sensor. The cable is
wound on the precisely-machined, constant diameter spool, and as the cable
reels and unreels the spool turns. The spring is coupled to the spool, to
maintain constant cable tension, and the spool is coupled to the shaft of a
rotational sensor or potentiometer. The transducer’s cable is attached to the
movable specimen, and as the cable extends or retreats it causes the spool
and sensor shafts to rotate. The rotating shaft creates an electrical signal
proportional to the cable’s linear extension or velocity.
Two string potentiometers, (version SP1-50, Celesco Transducer Products,
Inc., Chatsworth, UK), were mounted on the base of the experimental rig,
one on the anterior and one on the posterior side, and were used to measure
the linear displacement of the plate on which the femur was affixed. A
photograph of the string potentiometer on the rig is shown in Figure 4.29.
Figure 4.29: A string potentiometer, highlighted in red, used to measure
the movement of the base plate of the rig
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4. Load cells
One load cell, S-type 250 Kg (Model 615, S-tytpe rating +/- 250 Kg, Tedea
Huntleigh Inc, Cardiff, UK), was used to measure the force through the
iliotibial band structure. The main load between the Instron and the loading
device was measured by the Instron load cell.
5. Inclinometer
An inclinometer measures the angle of slope of a specimen. Two inclinometers,
(Ratiometric 100010-02, Cline Labs Inc., Phoenix, Az, USA), were mounted
on the loading device. One measured the angle of tilt in the anterior-posterior
direction and the other the angle of tilt in the medial-lateral direction. A
photograph of the mounted inclinometers is shown in Figure 4.30.
Figure 4.30: The two inclinometers, highlighted in red
• Test Protocol
The test protocol was as follows:
• Install 25KN load cell in Instron
• Calibrate load cell
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• Attach jaws and compression kit load attachment
• Accurately position rig and clamp equipment in place
Due to the fact that the load axis was not directly over the centre of
the femoral head and was instead offset 110 mm medial to this, the
base of the rig needed to be accurately positioned to reflect the offset.
A weight was hung directly from the load axis and aligned with a specific
point on the base plate. A series of photographs of this is shown in Figure 4.31.
Figure 4.31: The pendulum used to align the load axis with the base plate
• Assemble DIC
• Calibrate DIC
• Cyclically load femur to 0.8 KN ten times
• Load femur to 800 N and hold the position. Adjust the length of Iliotibial
band turnbuckle to take load of approximately 260 N, along with the Rectus
Femoris and Biceps Femoris forces, reducing the axial force load from 800 N
to approximately 700 N, then lock off turnbuckle and unload the femur
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• Take two initial, neutral position, pictures using the DIC for reference
• Displacement load to 12 mm, to approximately 0.75 KN, at a rate of 1 mm/min
taking photos every 10 seconds
• Simultaneously load the Rectus Femoris and Biceps Femoris to 120 N and
80 N respectively
• Hold displacement for 30 minutes, taking photos every 10 seconds
• Remove weights and return load displacement to neutral position
• Export all results data
• Repeat from the displacement loading stage, capturing images on the medial
and posterior surface for three repeats each. Details of the loading are shown
in Table 4.12
• Process results
• Comparative Finite Element Model
In order to draw a direct comparison between the experimental and finite
element models, individual finite element models were made for each experimental
case. The same geometry, mesh and material properties, for all materials, were
used as in the fixed boundary condition finite element model, Section 4.5.2. The
geometry was orientated in accordance to that used in the experiment where
the femur was positioned at 10◦ of abduction and 7◦ of flexion; this was similar
to that used by Cristofolini et al. (1995). A metal base plate, characterising
the tibial plateau and the plate in the experiment, with a cone mounted on the
underside, was included in the finite element model. The parts were taken directly
from SolidWorks parts, which had been used to manufacture the experimental pieces.
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Tied conditions were implemented between the femur and the plate, representing
the synthetic bone being glued to the plate. The point at the end of the cone was
then constrained in three translational directions.
The model used the same loading device as that in the fixed boundary condition
comparative finite element model (Section 4.5.2.1), but with the inclusion of extra
equivalent muscles. The same material properties were also included, specifically
with the lower cortical Young’s modulus of 10.53 GPa and Poisson’s ratio of 0.3.
The abductor strap was represented in the same way as before, with a spring
connector element of stiffness 485 N/mm running from the attachment point on
the bar, 50 mm lateral to the centre of the femoral head, to a point on the greater
trochanter. The iliotibial band, biceps femoris short head and rectus femoris were
all included as connector forces, where a connector element was included from the
point of origination to the point of fixation on the rig, and a constant force acted
through this element, mimicking the action of the weights and turnbuckle. A force
of 80 N and 120 N was used for the biceps femoris and rectus femoris respectively.
Using the data collected during the experiment, the specific force acting through
the turnbuckle (iliotibial band) was included for each experiment.
A vertical force was applied to a point on the loading bar 110 mm medial
to the centre of the femoral head. The point was constrained to prevent
translational movement in both anterior-posterior and medial-lateral planes; this
was representative of the ball and socket device used in the experimental rig. The
force applied was based on the ultimate force applied during the experiment.
Table 4.12 shows the full list of forces representing body weight (Load) and the
iliotibial band (ITB). These forces are the results from the load cells used in the
experiment. A graphical view of the comparative experimental model is shown in
Figure 4.32.
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Table 4.12: Forces measured in the experiment, and used in the
corresponding, finite element analysis
DIC Aspect Repeat No. Load (N) ITB(N)
Medial 1 623 302
Medial 2 619 299
Medial 3 669 321
Posterior 1 613 329
Posterior 2 603 313
Posterior 3 623 325
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Figure 4.32: A graphics view of the free boundary condition experimental
finite element model
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4.5.3.2 Results
The results for the free boundary condition experimental analysis are shown in the
form of strain contour plots of the medial and posterior surface, regression analysis
results, and tables detailing the movement of the loading device and base plate.
Figures 4.33, 4.34, 4.35 and 4.36 show the maximum and minimum principal strain
on the medial and posterior cortical surface of the femur for repeat number 1,
respectively, measured using digital image correlation and finite element analysis.
(a) Finite Element (b) Experimental
Figure 4.33: Medial free boundary condition maximum principal strain
plots - finite element (a) and experimental (b)
166
(a) Finite Element (b) Experimental
Figure 4.34: Medial free boundary condition minimum principal strain plots
- finite element (a) and experimental (b)
Figures 4.37 and 4.38 show the combined regression analysis results on the
medial, posterior and lateral cortical surfaces of the bone, measured using the
statistical match up method specified in Section 4.4.3. The experimental results for
the medial and posterior surfaces were measured using digital image correlation,
whereas the experimental results on the lateral surface of the bone were measured
using strain gauges.
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Figure 4.35: Posterior free boundary condition maximum principal strain
plots - finite element (a) and experimental (b)
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Figure 4.36: Posterior free boundary condition maximum principal strain
plots - finite element (a) and experimental (b)
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Figure 4.37: Free boundary condition combined principal strain regression
analysis medial (a) and posterior (b) aspects
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Figure 4.38: Free boundary condition combined principal strain regression
analysis lateral strain gauge
Table 4.13 shows the overall results for the regression analysis, including the
equation of the line and R-Squared value.
Table 4.13: Free boundary condition regression analysis results
Aspect Equation of line R-Squared
Medial y = 0.8699x− 9x105 0.92855
Posterior y = 1.0774x+ 0.0001 0.80307
Lateral y = 0.9727x− 5.8x105 0.99619
Tables 4.14 and 4.15 show the anterior-posterior and medial-lateral tilt of the
loading device. Both of these were measured in the experiment using inclinometers
mounted on the loading device. The anterior-posterior tilt occurred clockwise around
the x-axis, causing the loading device to tilt towards the posterior aspect; the
medial-lateral tilt occurred clockwise around the y-axis, causing the loading device
to tilt towards the medial aspect of the femur.
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Table 4.14: Experimental and finite element anterior-posterior (AP) angle
of the loading device occurring clockwise around the x-axis,
causing the loading device to tilt towards the posterior aspect
of the femur
DIC Aspect Repeat No. Experimental (◦) Finite element (◦)
Medial 1 1.049 0.524
Medial 2 1.207 0.525
Medial 3 0.152 0.503
Posterior 1 1.027 0.546
Posterior 2 0.508 0.542
Posterior 3 1.601 0.558
Table 4.15: Experimental and finite element medial-lateral (ML) angle
of the loading device occurring clockwise around the y-axis,
causing the loading device to tilt towards the medial aspect of
the femur
DIC Aspect Repeat No. Experimental (◦) Finite element (◦)
Medial 1 4.711 3.314
Medial 2 4.881 3.120
Medial 3 4.964 3.364
Posterior 1 4.884 2.952
Posterior 2 4.134 2.957
Posterior 3 4.373 3.038
Tables 4.16 and 4.17 show the movement of the base plate on the anterior and
posterior aspects, causing rotation about the z-axis in the clockwise direction.
These were measured in the experiment using string potentiometers.
171
Table 4.16: Experimental and finite element anterior movement of the base
plate causing rotation about the z-axis in the clockwise direction
DIC Aspect Repeat No. Experimental (mm) Finite Element (mm)
Medial 1 2.877 1.073
Medial 2 2.689 1.068
Medial 3 2.79 1.144
Posterior 1 1.504 0.940
Posterior 2 1.366 1.027
Posterior 3 2.285 0.913
Table 4.17: Experimental and finite element posterior movement of the base
plate causing rotation about the z-axis in the clockwise direction
DIC Aspect Repeat No. Experimental (mm) Finite element (mm)
Medial 1 2.024 1.156
Medial 2 1.719 1.150
Medial 3 1.95 1.239
Posterior 1 2.482 1.111
Posterior 2 1.612 1.104
Posterior 3 2.059 1.137
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4.5.3.3 Discussion and Conclusion
A unique femur experimental set-up has been designed and tested. No previous
experiment has had the bone unconstrained to such an extent, and monitored by
such a range of measuring devices. Visually, Figures 4.33 to 4.36 show the medial
and posterior principal strain plots for an example experimental run corresponding
to the first repeat of each experiment, and their comparative finite element models
compare very well. The same areas of low and high strain are highlighted in each
case. Important areas to note are that the dominant strain on the medial surface
is the minimum principal strain, showing the surface to be in compression; and
that on the posterior surface there is an area of low strain across the femoral neck,
indicating a potential weakness, which is in agreement with many proximal femur
studies.
Quantitatively, the results compare extremely favourably. Considering the
digital image correlation measurements and the finite element results for the medial
and posterior surfaces, the linear regression relationships were y = 0.8699x−0.00009
and y = 1.0774x+ 0.001 respectively, where y represents the experimental principal
strain and x the computational principal strain. The R-Squared regression values
were 0.92855 and 0.80307 for the medial and posterior surfaces respectively. The
regression slope gradient values are improved compared to the fixed boundary
condition comparisons. This can be attributed to the changes in the experimental
set-up - adjusting the length of the abductor strap, changing the fixation of the
bone and the loading method of the device. The regression slope gradient values
indicate a good correlation between the experimental and finite element results.
On the medial surface plot it can be observed that at lower principal strain values
there was a higher degree of scatter. This indicates that there is a higher degree
of confidence at higher strain values. All the posterior strain values are in the
lower region, with slightly more scatter, this may account for the slightly lower
R-Squared value. It can be hypothesised that the regions with higher strain have
a lower degree of scatter because there is a higher signal:noise ratio, and in the
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regions with lower strain and higher scatter it may be due to a lower signal:noise
ratio. Taking all of this into account, the graphs still show a good correlation
between the experimental and computational techniques.
The results of the strain gauging on the lateral surface show an extremely
strong correlation between the experimental and finite element results. The linear
regression relationship was y = 0.9727x− 0.0000059, with y representing the strain
gauge principal strain results and x the finite element results. The R-Squared
regression value was 0.99619, indicating almost no scatter of results. These results
support strain gauging as a very good method of measuring strain on the surface of
specimens. However, it still remains that it does not provide a full field strain plot
and can only give results at specific points on the surface of the specimen. This
experiment demonstrates a good use of both digital image correlation technique
and strain gauging, using the appropriate method where required according to
space and orientation.
The results of the string potentiometers (Tables 4.16 and 4.17), show that the
rig was rotating in both the experimental and finite element analysis. Figure 4.39
illustrates the main direction in which the base plate was moving. This movement
correlates to the notion that there is a rotation at the knee joint. The results in the
experiment were generally higher than the results from the finite element analysis,
indicating that greater movement was taking place in the experiment. This could
be accounted for by the unconstrained nature of the rig and the ease with which
movement could occur. Also in the experiment, the joint reaction force was applied
first and then the muscle forces separately, whereas in the finite element analysis
they were applied simultaneously. This may have caused the rig to rotate slightly
differently.
The results of the inclinometers monitored the angle change of the loading
device. Visually, during the experiment, it was clear there was a significant tilt in
the medial-lateral direction and this is shown in the results (Table 4.15). As the
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Figure 4.39: An illustration showing the movement of the base plate. The
black arrows represent the direction in which each corner
moved and the red arrows show the direction of rotation.
body-weight load was applied the loading device on the medial aspect moved distally
and on the lateral aspect, proximally. The results from the anterior-posterior tilt
(Table 4.14), indicate a slight adjustment with greater force being applied on
the posterior aspect to the anterior. Since the loading device was a very crude
representation of the pelvis, little can be drawn from the results in terms of
physiological response. However, the indication that the experimental and finite
element techniques were behaving in the same manner strengthen the argument
that the experimental model validates the finite element model.
In summary, digital image correlation has again been proved to be a useful tool
for measuring the strain on the surface of biomechanical specimens. In this study
the technique, along with strain gauge and string potentiometer results, has been
successfully used to validate the free boundary condition finite element model. This
validation will allow the model to be used with greater confidence, and to assess
clinical problems.
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Chapter 5
Beam Theory
5.1 Introduction
Previously, when modelling the mechanical behaviour of the human femur, two
main analytical methods have been used. These are finite element analysis and
beam theory. The finite element method uses solid element formulation. Structures
are defined where a number of nodes are connected together by solid elements
representing the geometry. Each element is assigned a material property. Using
this model the stress and strain of the structure can be found. The accuracy can
be improved by including more nodes and elements. In contrast, the beam theory
method uses structural element formulation and considers a free body diagram
of the structure with forces and moments applied. For each cross-section of the
geometry stresses and strains can be calculated when material properties and
sectional properties are known.
Beam theory was popular in the early to mid 1900s. The models were crude
and most calculations were carried out by hand. By the 1970s the finite element
method had become established and was being used to analyse the stresses in
long bones. The finite element method was considered to be superior to the beam
theory method and, as a result, little further development of beam theory models
took place. However, with advancement of computer technology the finite element
method process has improved and so, too, has our ability to model using the beam
theory method. The beam theory, or stiffness, method offers the advantage of using
very little computational power and time whilst creating user-friendly outputs
which can be easily interpreted.
5.2 Beam Theory Modelling
Beam theory modelling applies the principals of structural mechanics. This is the
computation of deformations, deflections, and internal forces or stresses within a
structure, based on the applied loading, geometry, support conditions and material
properties of the structure. Using the stiffness method, often referred to as beam
theory modelling, three main outcomes can be obtained. These are:
1. The external reaction forces and moments due to the support conditions
2. The internal forces and moments in the members
3. The deformation of the structure
The system of equations for a static example can be defined as shown in
Equation 5.1.
[K]{u} = f (5.1)
Where f is the force vector defined based on the applied loads, K is the stiffness
matrix based on the element contribution and u is the displacement. It is observed
that for a structural system the stiffness method is similar to the finite element
method.
Beam elements have six degrees of freedom at nodes, and can either include or
exclude shear deformations. The shear effects are ignored if the shear factor is set
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to zero. The stiffness matrix for a beam element, ignoring shear effects, is shown
in Equation 5.2. The beam element is one of the most common element types and
was used in the formulation of the beam theory model.
K =
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(5.2)
Where A, Ixx, Iyy, J , E, G and l are the area, the second moments of area,
the torsion constant, the Young’s modulus, the shear modulus and the length
respectively. As for the finite element method, the system stiffness matrix is
assembled from the element stiffness matrices based on the nodal connectivity.
Using the known system stiffness matrix, support conditions and applied
forces the resulting displacements, and reaction forces can be calculation based on
Equation 5.1.
The software used to create and analyse the beam theory model in this study was
Oasys GSA (version 8.5 Build 10, Oasys Limited, Arup Group Limited, London).
This was chosen due to its logical and user-friendly interface as well as producing
clear graphical results.
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5.3 Literature Review
One of the first uses of beam theory as a method of analysing the stresses in long
bones was by Koch (1917). Koch (1917) wrote a comprehensive study on the
laws of bone architecture. Included in this were a summary of the mathematical
principles which could be applied to long bones and a mathematical analysis of the
femur. Koch stated that from a mathematical point of view the femur is seen to
be a long, slender column whose upper extremity is bent at a considerable angle to
the shaft. When using beam theory there are two clear methods. The first, basic
method treats the femur as either one whole beam, or two beams representing
the shaft, and the neck and the head (Pauwels, 1980; Blount, 1956). The second
method divides the femur into a sizeable number of sections in the region of the
head the neck and the shaft (Koch, 1917; Rybicki et al., 1972).
The basic method has been thoroughly demonstrated by Pauwels (1980).
Pauwels (1980) discussed the theories of the functional morphology and structure
of bone, stating that bone is constructed with the greatest economy of material
because its shape and internal structure are adapted, down to the finest detail, to
the decisive stressing. Additionally, he too noted that, in its simplest form, the
femur can be compared to a column. When a load is applied stresses occur in the
cross-section of the column and balance the load; the greater the load the greater
the stresses which arise.
Pauwels (1980) created a series of mathematical models. These ranged from
the femur being simply represented as a vertical straight column which was fixed
at the distal point and axially loaded to a model with two parts - one column
representing the shaft and the second column at an angle of 125◦ to the shaft
representing the head and the neck. The latter model was also fixed at a distal
point and loaded with forces representative of the joint reaction force, abductor
forces and the iliotibial band force.
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Pauwels (1980) concluded that, although the models were of a very simple
manner, they indicated the way in which the tubular bones of the lower extremity
act. The main three points which were highlighted were:
1. Tubular bones of the lower extremity experience their maximum stressing from
body weight. This is due to the fact that body weight acts eccentrically to the
bone axis and therefore causes a high bending stress.
2. The muscles strongly increase the compressive forces acting on the bone but
significantly reduce the stressing, as they act as tension bands balancing the
body weight and lowering the bending moment.
3. The femur experiences maximum stressing in the coronal plane.
Koch (1917) defined the more complex method of sectioning the femur into
many parts. This method of analysing the mechanical behaviour of the femur was
ground-breaking and stood unchallenged as the definitive model of hip biomechanics
for the next 70 years, serving as a foundation for the design, testing and validation
of hip prostheses (Fetto et al., 2002). Koch (1917) conducted a 2D study using
the cadaver of a 35 year old male. Seventy five transverse sections were cut from
the right femur at intervals of 1/4 inch, perpendicular to an approximated neutral
axis. Detailed analysis was then conducted on 26 of these sections. The centre of
gravity, neutral axis, moment of inertia, bending strength and torsional strength
were calculated for each section. A vertical load, representative of body weight, was
applied to the head of the femur and the bending moment, vertical and horizontal
shear and unit stress were calculated. The bending moment results showed a rapid
increase in the head and neck of the femur, reaching a maximum in the proximal
portion of the shaft. Distal to this the bending moment decreased to zero. The
model did, however, have limitations. It could not measure other variables acting
on the hip during gait; the effect of muscular activity was dismissed as being
relatively small and very difficult to analyse; and the loading method used was
simple, with only a vertical force acting on the femoral head.
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However, this method of defining an axis, sectioning the femur, calculating the
section properties - including centre of gravity and moments of inertia - applying
a load and then calculating the resulting bending moments, has been widely used
by many other authors (Toridis, 1969; Rybicki et al., 1972; Huiskes et al., 1981;
Huiskes, 1982; Raftopoulos and Qassem, 1987; Salathe et al., 1989). Particular
developments were seen when 3D models were implemented, instead of 2D models.
Toridis (1969) produced a 3D analysis to determine the stresses in the femur
subjected to body weight and muscle forces, in the form of axial and shearing
forces, bending and twisting moments. The contribution of the implied twisting
moments, in addition to the forces and moments associated with a 2D problem,
emphasised the significance of the twisting moment on the stresses within the femur.
In the 1970s the finite element method started to become established and
was used as an alternative method to beam theory for measuring stresses in long
bones. Many authors compared the two methods. Rybicki et al. (1972) created two
mathematical models, one using beam theory and one using a continuum theory
in the form of finite element. The models were used to examine the behaviour
of the femur and the effect of muscle forces on the resulting stresses and strain
energy during single legged stance. Rybicki et al. (1972) used the geometric and
cross-sectional data provided by Koch (1917) for the beam theory analysis and
created a 2D finite element model of the proximal third of the femur for the
continuum analysis. A number of load cases were examined by applying axial loads,
shear forces and bending moments, according to joint reaction and muscle forces.
Rybicki et al. (1972) noted that although beam theory may be an appropriate
analysis for calculating stresses in the shaft of the femur in the regions of the femoral
head, the greater trochanter and areas of muscle attachment, the assumptions
inherent to beam theory become questionable: in regions of rapidly changing
geometry, it is not reasonable to assume that plane sections remain plane during
deformation, or that shear deformations may be neglected. When comparing
the beam theory and finite element models, the beam theory method resulted in
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generally higher magnitudes of stress in the region of the shaft. This was accounted
for by the fact that the beam theory method, as applied by Rybicki et al. (1972),
forces the bone to support the applied loads by deforming only in a beam bending
manner, whereas finite element allowed the bone to deform as an elastic continuum.
As such, the same applied loads can be supported with stresses of lower magnitude.
Rybicki et al. (1972) concluded that a continuum finite element model should
be used in regions of the femur where loads are applied or where the shape is unlike
that of a slender beam. Beam theory can, however, give acceptable results for
stresses in the shaft of the femur.
Beam theory models were also compared to experimental models (Huiskes
et al., 1981; Huiskes, 1982). Huiskes et al. (1981) wrote a detailed comparison
of experimental and theoretical stress-analysis of a human femur. Experimental
strain-gauge and theoretical methods were used to evaluate the mechanical
behaviour of the femur as a structural element under loading. Huiskes et al.
(1981) acknowledged that many previous studies had been carried out using
experimental methods, beam theory method, and 2D and 3D finite element models,
but wanted to address the accuracy of the modelling techniques. The only groups
who had previously attempted this were Scholten (1975) [published in German]
and Valliappan et al. (1977) who are said to have compared the results of beam
analysis, 2D and 3D finite element analysis, in detail, finding a good agreement
in the region of the femoral shaft up to the subtrochanteric area. The results
had shown conclusively that the experimental and beam theory results compared
favorably in the shaft region and that the femur in this region behaves as a linearly
elastic, homogeneous and transversely isotropic beam.
Huiskes et al. (1981) also discussed the merits of beam theory modelling versus
finite element modelling. They stated that beam theory modelling proved to be a
more simple and direct approach to the analysis when considering the complexity,
computer costs and potential accuracy of finite element models. Additionally, he
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noted that beam theory models can be used to ‘better understand the results of
complex models, put them in a more general setting, and execute the necessary
parametric analyses that would be too costly for an accurate 3D finite element
mode’. This would result in beam theory models being used more as a reference
model than as a research tool.
Huiskes (1982) wrote a technical note on the modelling of long bones in
structural analysis. An experimental and beam theory analysis was conducted
using both femurs of a 51 year old male. The same method was used as the one set
out in Huiskes et al. (1981). This study again concluded that the stresses calculated
in the shaft region, by using beam theory, compared very well to the experimental
model. However, where the bone cross-section had a more elliptical shape, the
approximation was not so accurate. He, again, stated that beam theory had better
opportunities as a method of stress analysis, compared to finite element, in relation
to complexity, cost efficiency and potential accuracy. Additionally, the model can
be further simplified and assumed to have an axisymmetric shaft, and this, too,
yields a reasonable approximation of the bone shaft stresses.
Raftopoulos and Qassem (1987) further developed the earlier beam theory
models by comparing a 3D homogenous model to a 3D composite model consisting
of both trabecular and cortical bone. The models were subjected to general loading
conditions, normal and shear forces, and to biaxial bending and twisting moments.
With respect to the composite curved beam approach, the results yielded a stress
equation which was different to that produced by the homogeneous curved beam
approach. They did not conclude whether one way was more accurate than the
other, simply that the homogeneous approach was simpler.
In summary, the literature has shown that the femur can be considered as a long,
slender column whose upper extremity is bent at a considerable angle to the shaft.
Beam theory was shown to be a reliable method for measuring stress in the shaft of
a femur, comparing well to experimental and finite element results. The limitations
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of the beam theory method included inaccurate results in regions of irregular
shaped geometry and lengthy mathematical calculations. As computational power
increased beam theory modelling was replaced by finite element modelling and
no further development using the technique took place. Although finite element
modelling has a place, the conclusion stated by Huiskes et al. (1981) can still be
considered. This was that beam theory modelling can be used to better understand
the results of complex models, and to put them in a more general setting without
using a computationally costly method. They also stated that the beam theory
model could be used as a reference tool as opposed to a research tool.
Considering the previous literature and the ability of the beam theory
model to be a viable method for measuring stress in the femur, the aim of this
chapter is to create a modern automated beam theory model, which can be used
as a modern reference tool, but which can also potentially be used as a research tool.
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5.4 Basic Model
The basic model was defined in the same way as the one used in the finite
element modelling. This is detailed in Section 3.4.1. The model of a medium left
fourth generation composite femur was obtained from Sawbones Inc. (Item 3403,
Sawbones, Pacific Research Laboratories Inc., Sweden) and was CT scanned at
intervals of 0.75 mm (Sensation 16, Siemens Plc, Munich, Germany). The CT
data was then converted into contour geometry using commercial software Mimics
(version 12.11, Materialise NV, Leuven, Belgium).
The contour geometry was imported into Rhino (version 4.0, McNeel North
America, Seattle, Washington) and a simple axis of the bone was defined. This was
defined as a straight line from the centre of the condyles, directly up the centre of
the shaft, meeting a line located centrally through the head and neck region of the
femur. This axis is shown in red in Figure 5.1. A line perpendicular to this axis at
the base of the femoral head, and a line perpendicular to the axis at the point of
the proximal diaphysis were then defined on the medial aspect, and were extended
until the point at which they met. This point defined the central point of an arc
region, drawn to represent the neutral axis of the femoral neck. This is shown in
yellow in Figure 5.1.
For the femoral head and shaft region section cuts were taken perpendicular to
the axis at intervals of approximately 2 mm and 5 mm respectively. This resulted
in 23 sections in the the head region and 65 sections in the shaft region. For the
femoral neck region, from the central point of the arc, 30 equally spaced lines were
defined from the base of the femoral head to the proximal diaphysis, and section
cuts were taken along these lines. At each section cut the outline of the cortical and
trabecular region was recorded and exported as drawing exchange format (.dxf) files.
Using Oasys GSA (version 8.5 Build 10, Oasys Limited, Arup Group Limited,
London), section properties were assigned for each of the cortical and trabecular
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(a) Simple axis (b) Altered axis
Figure 5.1: A diagram showing the simple axis, in red, defined in the femur
(a) and the altered axis (b), to include a better representation
of the neck (highlighted in yellow)
sections. The .dxf file of each section was imported into Oasys GSA and
a perimeter geometric section was formed. Each section has a number of (x,y)
coordinates associated with it and these are referred to in the section axis system. It
should be noted that these are different to the global axis system used in Oasys GSA.
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The section properties were calculated within Oasys GSA using Equations 5.3
to 5.8. An example of a perimeter section is shown in Figure 5.2 where the outer
perimeter is made up of line segments between N vertices, (xi, yi), i=0 to N-1,
and the inner perimeter is made up of M vertices, (x∗i, y∗i), i=0 to M-1. The last
vertex (xN , yN) and (x∗M , y∗M) is assumed to be the same as the first, creating a
closed polygon.
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Figure 5.2: An example of a perimeter section made up of line segments
between N vertices, (xi, yi), i=0 to N-1 representing the outer
perimeter, and M vertices, (x∗i, y∗i), i=0 to M-1 representing
the inner perimeter
A =
1
2
N−1∑
i=0
(xiyi+1 − xi+1yi)− 1
2
M−1∑
i=0
(x∗i y
∗
i+1 − x∗i+1y∗i ) (5.3)
Cx =
1
6A
N−1∑
i=0
(xi + xi+1)(xiyi+1 − xi+1yi)
− 1
6A
M−1∑
i=0
(x∗i + x
∗
i+1)(x
∗
i y
∗
i+1 − x∗i+1y∗i ) (5.4)
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Cy =
1
6A
N−1∑
i=0
(yi + yi+1)(xiyi+1 − xi+1yi)
− 1
6A
M−1∑
i=0
(y∗i + y
∗
i+1)(x
∗
i y
∗
i+1 − x∗i+1y∗i ) (5.5)
Ix =
1
12
N−1∑
i=0
[y2i + yiyi+1 + y
2
i+1][xiyi+1 − xi+1yi]
− 1
12
M−1∑
i=0
[y∗2i + y
∗
i y
∗
i+1 + y
∗2
i+1][x
∗
i y
∗
i+1 − x∗i+1y∗i ] (5.6)
Iy =
1
12
N−1∑
i=0
[x2i + xixi+1 + x
2
i+1][xiyi+1 − xi+1yi]
− 1
12
M−1∑
i=0
[x∗2i + x
∗
ix
∗
i+1 + x
∗2
i+1][x
∗
i y
∗
i+1 − x∗i+1y∗i ] (5.7)
Ixy =
1
24
N−1∑
i=0
[xiyi+1 + 2xiyi + xi+1yi+1 + xi+1yi][xiyi+1 − xi+1yi]
− 1
24
M−1∑
i=0
[x∗i y
∗
i+1 + 2x
∗
i y
∗
i + x
∗
i+1y
∗
i+1 + x
∗
i+1y
∗
i ][x
∗
i y
∗
i+1 − x∗i+1y∗i ] (5.8)
Where:
A= Area
Cx = Centroid with respect to the x-axis
Cy = Centroid with respect to the y-axis
Ix = Second moment of area around the x-axis
Iy = Second moment of area around the y-axis
Ixy = Product moment of area
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The torsion constant, J , of each section was then estimated using Equation 5.9
(Johnson, 1986).
J =
4A2∫
dS
t
(5.9)
Where:
J = torsion constant
A = area enclosed by the section contour - the section contour was a line through
the centre of the thickness between the outer and inner perimeter
S = section contour length
t = wall thickness
Using Figure 5.3 as an example, the section was split into a number of
consecutive smaller areas, one area is illustrated by the red lines. The thickness of
each area, (t), and length of each section contour in the specific area, (∆S), were
calculated. By summing all ∆S
t
for each of the consecutive areas an approximation
of the integral
∫
dS
t
was found and then used in Equation 5.9.
t
Outer perimeter
Inner perimeter
Section contour
S
Figure 5.3: An example of a section illustrating how the torsion constant
was calculated, t is the thickness of the section and ∆S is the
length of the smaller area section
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Using the cortical section centroid values, the positions were recorded for each
section in the head and shaft region. In the neck region, to ensure smooth loading
throughout the bone, nodes were recorded at the specific points defined by the arc
and section cut shown in Figure 5.1. A new node value was then calculated at the
mid point between each centroid value and the next corresponding centroid, both
proximal and distal. A diagrammatic representation of this is shown in Figure 5.4.
By taking the midpoint between two sections it ensured that the section properties
associated with each element corresponded to the correct region, with the original
section definition being at the mid-point of the element. This resulted in a node
path shown in Figure 5.5.
Original centroid point
New centroid point
Figure 5.4: A schematic diagram illustrating the calculation of a new
centroid point
In the neck region, because the nodes were not plotted at the centroid of the
section, but instead were plotted in the smoothed manner, the section properties
were altered. Parallel axis theorem was therefore used to calculate the altered
section properties of the sections in this region. The equations used to calculate
the altered Iyyn and Izzn are shown in Equations 5.10 and 5.11. Each node was
then connected using an element, and each element was assigned its correct and
corresponding cortical section property.
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Figure 5.5: A diagram showing nodes of the femur, the orange sections
represent the shaft and the femoral head and the purple section
the neck
To align and assign the trabecular elements and properties, the trabecular
elements must be coincident to the cortical elements. To achieve this an additional
element was defined between each node. Because the centroids of the trabecular
sections do not coincide with the corresponding centroid of the cortical section,
parallel axis theorem was again used to calculate the new section properties,
according to this altered position. Equations 5.10 and 5.11 show the equations
used. The trabecular sections were then assigned their corrected section properties.
Iyyn = Iyyo + Ah
2 (5.10)
Izzn = Izzo + Ah
2 (5.11)
Iyyn and Izzn refer to the new second moments of area, Iyyo and Izzo refer to
the original second moments of area calculated about the centroid of the section, A
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refers to the area of the section and h to the parallel distance between the centroid
of the section and the node at which the section was plotted.
Figure 5.6 shows an image of the split of the cortical and trabecular sections;
in the model these are coincident. In the cortical section the orange elements
represent the shaft and the femoral head and the purple elements the neck.
Figure 5.6: An image showing the cortical (right) and trabecular (left)
sections in the beam theory model: in the cortical section the
orange elements represent the shaft and the femoral head and
the purple elements the neck
Finally, to define the muscle insertion sites on the femur, the corresponding
coordinates to the ones used in the finite element model (Section 3.5.1) were plotted
as nodes. These coordinates were taken from Dostal and Andrews (1981) and Duda
(1996), and were adjusted where necessary, to a corrected position according to an
anatomy text book (Gray, 2005). Because the coordinates correspond to a point
on the surface of the femur, and in the beam theory model the current nodes were
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representing the centroids of the cortical sections and not the surface, additional
elements were included to represent the action of the muscle, offset from the centre
of the bone. From the muscle insertion node the element was attached directly to the
nearest node on the line of centroid nodes. These elements were then assigned stiff
section properties, ensuring direct transfer of force and moment to the centroid node.
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5.5 Method for Generating Strain Results
Oasys GSA, amongst other data, generates node reaction and displacement, and
element beam forces and moment data. Using the bending moment data, Myy and
Mzz; the section property data defined for each section, Iyy, Izz and Iyz; and the
coordinate data for the external surface of each section, y and z, the stress and
resulting strain on the surface of each section can be calculated. This analysis was
carried out using Matlab. Figure 5.7 shows a general section under asymmetric
bending. G representing the centroid. From this, the stress, σ, can be calculated,
as shown in Equation 5.12.
M
M
yy
zz
Y
Z
X
G
Figure 5.7: A section under biaxial bending
σ =
[
MyyIzz +MzzIyz
IyyIzz − I2yz
]
z +
[
MzzIyy +MyyIyz
IyyIzz − I2yz
]
y (5.12)
In the beam theory model the medial and lateral surfaces lie on the x− z plane
and the anterior posterior surfaces on the x− y plane. Therefore, when calculating
the strain along the medial or lateral surface, y = 0, and along the anterior or
posterior surface z = 0. This results in the following equations 5.13 and 5.14, where
z(med/lat) and y(ant/post) represent the distance from the centroid (G) to the surface
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of the section in the medial, lateral, anterior or posterior directions respectively.
σ(med/lat) =
[
MyyIzz +MzzIyz
IyyIzz − I2yz
]
z(med/lat) (5.13)
σ(ant/post) =
[
MzzIyy +MyyIyz
IyyIzz − I2yz
]
y(ant/post) (5.14)
Assumes every section to have an Iyz of 0 (this is a default of the software Oasys
GSA, and including the axial stress Equations 5.13 and 5.14 become Equations
5.15 and 5.16
σ(med/lat) =
[
Myy
Iyy
]
z(med/lat) +
Fx
A
(5.15)
σ(ant/post) =
[
Mzz
Izz
]
y(ant/post) +
Fx
A
(5.16)
Where Fx is the axial force and A is the cross-sectional area of the section.
Using Equation 5.17, the stress results and the Young’s modulus (E), the strain,
, normal to the section was then calculated to compare with the finite element
results.
 =
σ
E
(5.17)
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5.6 Fixed Boundary Condition
In order to verify the beam theory model it was compared with two fixed boundary
condition continuum finite element models. One model had a simplified loading
regime with only the abductor muscle force and hip joint reaction force, and the
other has a loading regime with a full complement of muscle forces and hip joint
reaction force
5.6.1 Method
The basic model specified in Section 5.4 was first translated and rotated, such that
the origin and global axes were located in line with the fixed boundary condition
finite element model. The origin was defined at a node representing the distal
condyles. Due to the setup of Oasys GSA, the x axis was oriented proximally in
line with the shaft, the y axis was oriented posteriorly and the z axis medially. This
corresponds to the finite element axis where the z axis was oriented proximally in
line with the shaft, the x axis was oriented anteriorly and the y axis laterally. Both
fixed boundary condition models maintained this specified origin and the global
axes. All further references will assume the finite element axis set-up. The two axis
systems are shown in Figure 5.8.
For the first model a simplified loading regime was used, in accordance with
Model 3A in Section 3.5.1. The hip joint force was applied to the node representing
the centre of the femoral head, and selected abductor forces were applied at their
respective muscle insertion sites, as specified in the basic model. Table 5.1 shows the
forces applied. The model was fully constrained at a node representing the distal
condyles.
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XY
Z
(a) GSA axes
Z
Y
X
(b) Finite element axes
Figure 5.8: Coordinate system for the fixed boundary condition beam
theory (a) and finite element models (b)
Table 5.1: Forces applied to the fixed boundary condition basic beam theory
model
Force x (N) y (N) z (N)
Hip contact force -466.34 962.62 -1911.22
Gluteus maximus 1 35.10 -87.87 90.95
Gluteus maximus 2 0.08 -57.73 70.32
Gluteus maximus 3 0.00 0.00 0.00
Gluteus medius 1, 2, 3 111.23 -179.68 221.40
Gluteus minimus 1, 2, 3 186.22 -193.69 92.98
Tensor fasciae latae 51.42 -40.70 -40.04
The second model had a more complex loading regime, including all significant
muscle forces acting on the femur and the hip joint reaction force. This model
corresponded with Model 3E in Section 3.5.1. The hip joint reaction force was
applied in the same way as the basic model, to a node representing the centre of the
femoral head. All muscle forces were applied at their specified insertion sites, the
magnitude of these forces is shown in Table 5.2. The model was fully constrained
at a node representing the distal condyles.
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Table 5.2: Forces applied to the fixed boundary condition complex beam
theory model
Force x (N) y (N) z (N)
Hip contact force -466.34 962.62 -1911.22
Gluteus maximus 1 35.10 -87.87 90.95
Gluteus maximus 2 0.08 -57.73 70.32
Gluteus maximus 3 0.00 0.00 0.00
Gluteus medius 1, 2, 3 111.23 -179.68 221.40
Gluteus minimus 1, 2, 3 186.22 -193.69 92.98
Tensor fasciae latae 51.42 -40.70 -40.04
Piriformis 5.35 -77.90 67.03
Obturator externus 0.00 0.00 0.00
Quadratus femoris 0.00 0.00 0.00
Obturator internus, gemellus
superior & inferior
7.07 -35.18 37.20
Pectineus 1.30 -1.01 1.12
Vastus medialis 2.93 0.18 -8.09
Vastus intermedius 9.13 5.01 -62.06
Vastus lateralis 69.58 -25.73 -215.72
Gastrocnemius lateralis -292.75 -37.74 -247.83
Gastrocnemius medialis -5.71 0.04 -4.77
Biceps femoris, caput breve -15.09 11.31 -90.02
Adductor magnus caudal 0.00 0.00 0.00
Adductor magnus cranial 0.00 0.00 0.00
Adductor minimus 0.00 0.00 0.00
Adductor longus 1.86 -1.90 2.81
Adductor brevis 1 0.00 0.00 0.00
Adductor brevis 2 0.00 0.00 0.00
Psoas major, iliacus 115.25 -62.89 114.51
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5.6.2 Results
5.6.2.1 Basic Model
The following graphs and tables show the results for the fixed boundary condition
basic beam theory model, compared to the corresponding finite element model.
It took the software Oasys GSA less than one second to analyse the model, in
comparison to the corresponding finite element model which took 190 seconds .
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Figure 5.9: Medial and lateral principal strains on the surface of the cortical
bone for the basic model, comparing finite element (black) and
beam theory model (red) results
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Figure 5.9 shows the principal strain on the medial and lateral surface of the
femur for the basic finite element and beam theory models. The strain for the beam
theory model was calculated as shown in Section 5.5.
Figure 5.10 shows the displacement of the shaft, for the finite element and beam
theory models. The blue line represents the finite element medial surface, the black
line the finite element lateral surface and the red line the beam theory model.
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Medial−Lateral Displacement
Displacement (mm)
Figure 5.10: Medial and lateral displacement of the shaft. Blue represents
the finite element medial surface, black the finite element
lateral surface, and red the beam theory model.
Tables 5.3 and 5.4 show the reaction forces at the condyles for the finite element
and beam theory models. All these results are reported in the finite element global
coordinate axes.
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Table 5.3: Reaction forces at the constrained nodes for the basic finite
element model
Node Rx (N) Ry (N) Rz (N) |R| (N)
1 583 -57 1520 1629
2 -73 209 -1249 1269
3 -428 -555 1205 1393
Total 82 -403 1476 1532
Table 5.4: Reaction forces at the constrained node for the basic beam theory
model
Model Fx (N) Fy (N) Fz (N) |F | (N)
Beam Theory (basic) -12 -225 1302 1321
Table 5.5 shows the displacement of the femoral head for the basic finite element
and beam theory models. Ux, Uy and Uz refer to the overall displacement in the
global coordinate system, U is the resulting magnitude of the overall displacement
and UAx refers to displacement with reference to an axis set between the centre of
the femoral head and the centre of the femoral condyles.
Table 5.5: Displacement at the femoral head for the basic finite element and
beam theory model
Model Ux
(mm)
Uy
(mm)
Uz
(mm)
U
(mm)
UAx
(mm)
Finite Element (A) 1.063 9.486 0.790 9.578 1.637
Beam Theory (basic) 5.051 -2.161 -1.236 5.631 0.773
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5.6.2.2 Complex Model
The following graphs and tables show the results for the fixed boundary condition
complex beam theory model, compared to the corresponding finite element model.
As with the basic model, it took the software Oasys GSA less than one second
to analyse the model, whereas it took the corresponding finite element model
190 seconds.
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Figure 5.11: Medial and lateral principal strains on the surface of the
cortical bone for the complex model, comparing finite element
(black) and beam theory model (red) results
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Figure 5.11 shows the principal strain on the medial and lateral surface of the
femur for the complex finite element and beam theory models. The strain for the
beam theory model was calculated as shown in Section 5.5.
Figure 5.12 shows the displacement of the shaft for the finite element and beam
theory models. The blue line represents the finite element medial surface, the black
line the finite element lateral surface and the red line the beam theory model.
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Figure 5.12: Medial and lateral displacement of the shaft. Blue represents
the finite element medial surface, black the finite element
lateral surface, and red the beam theory model.
Tables 5.6, 5.7 and 5.8 show the reaction forces at the condyles for the finite
element and beam theory models and the displacement of the femoral head. Ux,
Uy and Uz refer to the overall displacement in the global coordinate system, U is
the resulting magnitude of the overall displacement and UAx refers to displacement
with reference to an axis set between the centre of the femoral head and the centre
of the femoral condyles. All these results are reported in the finite element global
coordinate axes. The finite element model was constrained at three points on
the distal condyles whereas the beam theory model was only constrained at one,
therefore the results have been reported separately, but the resulting total reaction
force can be compared.
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Table 5.6: Reaction forces at the constrained nodes for the complex finite
element model
Node Rx (N) Ry (N) Rz (N) |R| (N)
1 298 -209 1344 1392
2 89 30 640 647
3 -204 2 -104 229
Total 183 -177 1880 1897
Table 5.7: Reaction forces at the constrained nodes for the complex beam
theory model
Model Fx (N) Fy (N) Fz (N) |F | (N)
Beam Theory
(complex)
224 -125 1883 1900
Table 5.8: Displacement at the femoral head for the complex finite element
and beam theory model
Model Ux
(mm)
Uy
(mm)
Uz
(mm)
U
(mm)
UAx
(mm)
Finite Element (E) 9.874 -1.655 -1.724 10.160 1.023
Beam Theory (comp.) 6.741 -3.314 -1.524 7.671 0.846
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5.6.3 Discussion and Conclusion
For both the basic and complex fixed boundary condition models, the principal
strain plots (Figures 5.9 and 5.11) on the medial and lateral surfaces of the femur for
the finite element and beam theory models, compared extremely favourably. When
considering the individual elements of the stress equation used to calculate the
strain, the dominant mode of loading was in bending with the axial force element
contributing very little. For the basic model, with a simplified loading regime of
only the hip joint reaction force and abductor muscle forces, muscle loading only
acts on the proximal third of the femur. Since the femur was then restrained at
the distal condyles this caused the principal strain on the medial surface to have
a minimum principal strain in the proximal diaphysis and a maximum principal
strain in the distal diaphysis, and the opposite to occur on the lateral surface. For
the complex model, with the full complement of muscles acting on the femur and
the hip joint reaction force, the medial surface mainly acted in compression and the
lateral surface in tension, with the minimum principal strain on the medial surface
and maximum principal strain on the lateral surface occurring in the region of the
greater trochanter.
For the basic model, the displacement of the shaft (Figure 5.10) showed
considerable difference between the finite element and beam theory models. The
beam theory model indicated greatest displacement in the distal portion of the
shaft, whereas the finite element model showed greatest displacement in the
proximal portion. It must be noted that the magnitude of the displacement for
both models was approximately 0.4 mm which is a particularly low value, indicating
very little displacement taking place. The difference in the displacement of the shaft
could be accounted for by the different boundary condition constraints between
the two models. The finite element model was fixed at the distal condyles by three
evenly-spaced points in the three translational directions, whereas the beam theory
model was fully fixed at a centroid node on the distal condyles. This fully fixed
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condition acted to further restrain the bone at the distal condyles, preventing local
deformation that would have occurred in the finite element model.
The overall displacement of the femoral head (Table 5.5) for the finite element
model and beam theory model were 9.578 mm and 5.631 mm respectively. The
displacement for the beam theory model was therefore almost half that of the finite
element model. This could be accounted for by the different boundary condition in
the beam theory model constraining the bone in a more rigid manner. For the basic
set-up the reaction forces (Tables 5.3 and 5.4) compare reasonably well between
the finite element and beam theory models. The total reaction force for the finite
element model was 1532 N and for the beam theory model 1321 N. These values
show a good correlation between the two models and therefore indicate that the
beam theory model could be used as an alternative to the finite element model.
For the complex model, the displacement of the shaft (Figure 5.12) and the
reaction force results (Tables 5.6 and 5.7) compare favourably. The displacement
of the shaft is almost identical for the finite element and beam theory models
with maximum displacement, of approximately 1.2 mm, occurring at mid-shaft
in all cases. The total reaction force for the finite element model also compares
very favourably to the beam theory model, being 1897 N and 1900 N respectively.
The only slight discrepancy in the model occurs for the results of displacement
of the femoral head relative to the femoral shaft axis (Table 5.8). The overall
displacement of the femoral head for the finite element model was 10.16 mm and for
the beam theory model, 7.67 mm. Again the beam theory model displacement was
significantly lower - approximately 25% - than the finite element model femoral head
displacement. The difference between the two models could, again, be accounted
for by the differing boundary condition constraints and the fully fixed nature of the
beam theory model. The overall results were, however, much closer for the complex
model than for the basic model, indicating that the more physiologic-like the model
was the closer the results would be and the less influence the boundary condition
constraint would have.
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In summary, the beam theory model has been shown to compare extremely
favourably to the finite element model when considering the principal strain on the
surface of the femur. Slight differences occurred in the displacement of the femur
for the two models, but this can be accounted for by the difference in boundary
condition constraint. Overall, the beam theory model has been shown to be a
viable approach for demonstrating the mechanical behaviour of the femur.
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5.7 Free Boundary Condiiton
Following on from the fixed boundary condition beam theory model, a free boundary
condition beam theory model was developed in order to verify the finite element
model defined in Section 3.6.
5.7.1 Method
The basic model, as defined in Section 5.4, was translated and rotated such
that the orientation was in line with that used in the free boundary condition
finite element model. The femur was positioned at 12◦ of adduction and 7◦ of
flexion, corresponding to the point at which the bone is under the highest point
of stress during the walking gait cycle (Crowninshield et al., 1978; Cristofolini
et al., 1995). The origin was located at the centre of the femoral head. As for the
fixed boundary condition model, due to the configuration of Oasys GSA the x-axis
oriented proximally, the y-axis oriented posteriorly and the z-axis medially. This
corresponded to the finite element axis where the z-axis oriented proximally, the
y-axis oriented anteriorly and the x-axis medially. For all further references the
finite element axis was assumed; both axis systems are shown in Figure 5.13.
Nodes representing muscle origination points on the pelvis and tibia were
plotted, corresponding to the coordinates used in the free boundary condition finite
element model. These points were taken from Dostal and Andrews (1981) and Duda
et al. (1996) and were adjusted according to an anatomy text book (Gray, 2005)
to fit accurately with the femur used. Stiffness values values for all muscles and
ligaments crossing the femur were defined in Section 3.6.1 and are shown in Tables
3.9 and 3.11. These stiffness values were used to define the cable section properties
for each muscle and ligament. Cable elements were then inserted between each
muscle and ligament origination node and insertion node, and were applied to its
corresponding cable section property. Cable elements were used because they act
in tension only and do not allow compressive forces.
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Figure 5.13: Coordinate system for the free boundary condition beam
theory (a) and finite element models (b)
In line with the free boundary condition finite element model, all exceptions
to the use of a single cable (connector element in the finite element model case)
were applied in exactly the same way: the gluteus maximus, medius, minimus, and
adductor magnus were split into three parts; the tensor fasciae latae was included
as a single cable running from its origination point on the pelvis to a point in 3D
space, representing its turning point at the greater trochanter and the point at
which the iliotibial band starts; the rectus femoris and vastus muscles were set to
insert into a point representing the patella and the iliopsoas was included in two
parts as the iliacus running from its insertion point on the femur, to a point in 3D
space representing its turning point at the edge of the iliac fossa the psoas muscle
then acted from this point to a point in 3D space representative of its origin on the
lumbar spine.
At the 3D point in space representing the turning point at the greater trochanter,
where the tensor fasciae latae becomes the iliotibial band, and at the 3D point
representing the patella where the quadriceps muscles insert and the patella tendon
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originates, strut elements were used applying pressure back on to the femur. A
spread formation was used whereby, from the original point, two elements split,
and they then split into three further elements each, applying pressure over a six
point area on the surface of the femur. Figure 5.14 illustrates this configuration.
Strut elements were used since they only apply compressive forces and have zero
stiffness under tensile forces.
3D point in space
Surface of femur
Node
Element
Figure 5.14: A diagram showing the method of applying pressure back onto
the femur from the action of muscles
Coordinate points were taken from the six corners and the mid-points of the
square sides of the acetabular structure defined in the finite element model. These
were then plotted as nodes in the beam model. Each of these points were connected
to the node representing the centre of the femoral head, using a stiff beam element.
In the pelvis region each muscle origination node, the L5S1 node and the Lumbar
node were then connected to the five closest points on the acetabular structure,
using bar elements.
All muscle and ligament nodes inserting into the tibia were then restrained to
prevent displacement in the x, y and z directions. A node representative of the distal
condyles was also fully fixed. Finally, a vertical force of 835 N was then applied to
the node representing the L5S1 joint, corresponding to the force applied in the finite
element model. Figure 5.15 shows the graphics view of the completed model prior
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to analysis. Once the model had been analysed using Oasys GSA, the results were
outputted and processed, using the method stated in Section 5.5.
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(a) Beam theory line plot (b) Beam theory section plot (c) Finite element model
Figure 5.15: Comparative graphical views of the free boundary condition
beam theory model, line plot (a) and section plot (b) and
equivalent finite element model (c)
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5.7.2 Results
The following graphs and tables show the results for the comparative free boundary
condition finite element and beam theory models. All results are reported in the
finite element global coordinate system. It took the software Oasys GSA one second
to analyse the model and the corresponding finite element model 1937 seconds.
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Figure 5.16: Medial and lateral principal strains on the surface of the
cortical bone for the free boundary condition model, comparing
finite element (black) and beam theory model (red) results
Figure 5.16 shows the principal strain results on the medial and lateral aspects
of the femur for the finite element and beam theory models. The finite element
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results are shown in black and the beam theory results in red. The beam theory
model only reports overall dominating principal strain, as opposed to separate
maximum and minimum principal strain entities.
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Figure 5.17: Medial and lateral displacement of the shaft. Blue represents
the finite element medial surface, black the finite element
lateral surface, and red the beam theory model.
Figure 5.24 shows the displacement of the femoral shaft. The blue and black
lines represent the finite element medial and lateral surfaces respectively, and the
red line represents the beam theory model centroid line.
Table 5.9: Resulting forces at the femoral condyles for the finite element
and beam theory model
Model Rcx (N) R
c
y (N) R
c
z (N) R
c (N)
Finite element 105 59 -1590 1594
Beam theory 98 39 -1555 1559
Table 5.9 shows the reaction forces components and resulting force at the
condyles for the finite element and beam theory models.
215
Table 5.10: Displacement of the femoral head relative for the free boundary
condition finite element and beam theory models.
Model Ux (mm) Uy (mm) Uz (mm) U (mm) UAx
(mm)
Finite element 0.630 0.525 -0.432 0.927 0.348
Beam theory 10.07 -1.482 -0.726 10.20 1.561
Table 5.10 shows the deflection of the femoral head for the two models. Ux,
Uy and Uz refer to the overall displacement in the global coordinate system, U is
the resulting magnitude of the overall displacement and UAx refers to displacement
with reference to an axis set between the centre of the femoral head and the centre
of the femoral condyles.
Table 5.11 details the resulting muscle forces for the finite element and beam
theory model. Results are only reported for muscles which had a force greater than
10 N. The table also shows the 75% peak muscle force for each muscle. All values
which equal or are greater than the 75% peak muscle force are presented in bold.
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Table 5.11: Resulting muscle forces for the finite element and beam theory
free boundary condition models. Bold font represents muscles
with a force equal to or greater than 75% peak muscle force
Muscle FE Force (N) Beam Theory
Force (N)
75 % Peak
Force (N)
Gluteus maximus 1 - 270 303
Gluteus maximus 2 - 29 294
Gluteus medius 1 324 151 375
Gluteus medius 2 246 128 243
Gluteus medius 3 264 144 318
Gluteus minimus 1 184 177 180
Gluteus minimus 2 128 193 123
Gluteus minimus 3 106 39 102
Biceps femoris (SH) 104 141 122
Iliacus 190 46 350
Piriformis 73 239 308
Tensor fasciae latae 51 315 120
Gastrocnemius lateral 26 17 215
Rectus femoris 165 282 644
Pectineus 135 - 135
Sartorius 19 87 44
Vastus Lateralis - 151 966
Vastus Medialis - 199 1003
Vastus Intermedialis - 283 1230
Obturator internus - 42 136
Gemellus superior - 14 32
Iliotibial band 306 315 -
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5.7.2.1 Additional Results
As well as the results that have been processed and compared to the finite element
model, Oasys GSA produces results which demonstrate the bending moments,
torsional moments and axial and shear force components in the model. These
results are shown below.
(a) Bending moment diagram Myy (b) Bending moment diagram Mzz
Figure 5.18: Bending moment diagrams of the free boundary condition
femur, Myy left and Mzz right
Figure 5.18 shows the bending moment diagram for the free boundary condition
femur. This relates directly to the strain on the surface of the femur. The bending
moment diagram shows that Myy influences the strain on the medial and lateral
surfaces of the femur, and from this diagram a prediction of the strain can be made.
The bending moment diagram Myy shows a high bending moment in the region of
the greater trochanter decreasing as one moves distally along the shaft. This relates
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directly to the high strain shown in the region of the greater trochanter decreasing
towards the condyles shown in Figure 5.16.
(a) Shear force diagram (b) Axial force diagram
Figure 5.19: Shear force diagram (left) and axial force diagram (right) of
the free boundary condition femur
Figure 5.19 shows the shear force and axial force diagrams for the free boundary
condition femur. The shear force diagram shows a high shear force in the region of
the neck and the head with a significantly lower shear force throughout the shaft.
The axial force diagram shows a relatively constant axial force throughout the
entire length of the femur.
Figure 5.20 shows the torsion moment diagram for the free boundary condition
femur. This diagram demonstrates a significant torsional moment in the shaft of
the femur, with very little torsion occurring in the head and neck region. The
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Figure 5.20: Torsional moment diagram of the free boundary condition
femur
torsion in the shaft indicates a twisting moment. This twisting moment could be a
cause of helical fractures of the femur.
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5.7.3 Discussion and Conclusion
The principal strain results on the medial and lateral surface of the femur, for the
free boundary condition finite element and beam theory models, compare relatively
well for the two plots (Figure 5.16). The only slight difference occurrs in the region
of the distal diaphysis and condyles on the medial aspect. The reason for this
difference may be due to the single line of action muscle loading which is applied
in the finite element model. Muscles naturally insert into the femur, over an area
not at a specific point. Since a single point was chosen this may have been located
proximally on the femur, near the centroid of the area, therefore not representing
the distal portion attachment and not acting to reduce the strain in this area.
An additional reason may have been that the Iyz component was excluded in the
analysis. Iyz is 0 in circular sections. In the proximal region of the shaft it is
reasonable to assume the shape of the sections are almost circular; therefore, in
this region setting Iyz to 0 would have a minimal effect, as demonstrated by the
results. However, in the distal region of the shaft, as the shape changes towards the
condyles, the assumption that the sections are circular and Iyz is 0 is not such a
reasonable assumption. Its effect would be to artificially stiffen the bone, resulting
in a lower strain in this area. This is shown in the results on the medial aspect.
Both models showed the same strain distribution pattern in the proximal half of
the femur on the medial and lateral aspect, with a minimum compressive strain of
approximately −3000 µ occurring on the medial aspect and a maximum tensile
strain of 2500 µ on the lateral aspect in the region of the greater trochanter.
Figure 5.24 shows the displacement of the femoral shaft. Both models
demonstrate the same displacement distribution pattern with the maximum
displacement occurring at mid-shaft. The shaft of the beam theory model did
not displace as much as the finite element model with the maximum displacement
being approximately 2.5 mm and 3 mm respectively. As mentioned in the fixed
boundary condition beam theory model (Section 5.6), the boundary condition
constraint can directly effect the displacement and reaction forces of the model. In
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the free boundary condition finite element model the surface of the femur was not
constrained at any point. A tibial plateau was defined and constrained in three
translational degrees of freedom. Smooth surface interactions were then applied
between a layer representative of cartilage on the distal condyles and the tibial
plateau. In contrast, in the beam theory model, a node representative of the distal
condyles was fully fixed in six degrees of freedom. This constraint had to be used
since the intricacies of the finite element model could not be transferred. This,
however, could account for the difference in the displacement of the shaft between
the two models, with the beam theory model displacing less, due to its fully fixed
nature.
Although, as mentioned above, the method of applying the boundary restraint
on the bone was quite different between the finite element and beam theory models,
the resulting total reaction force at the condyles was within 3% for both models.
The total resulting reaction force was 1594 N for the finite element model and 1559 N
for the beam theory model. This concurs with the theory demonstrated with the
complex fixed boundary condition model: that a more complex loading regime and
a closer representation of the the natural physiology of the femur results in more
physiologic-like results (Duda, 1996).
Table 5.11 shows the resulting muscle forces for the finite element and beam
theory free boundary condition models. Recorded muscles are only shown if their
force is greater than 10 N. Overall this table demonstrates that, generally, the same
muscles were activated in each case. The exceptions were the gluteus maximus,
the vastus muscles, the obturator internus and the gemellus superior which were
active in the beam theory model but not in the finite element model. A possible
explanation for the vastus muscles being active in the model, is due to the definition
of the condylar and knee joint region. Since node points were plotted at the centroid
of each section and the shape of the condyles is irregular, the resulting element
connection was also irregular. This is shown in Figure 5.21. This may have resulted
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in alternative muscles being activated in order to maintain equilibrium throughout
the model.
Figure 5.21: The irregular node path, following the centroid values of each
section, in the anterior-posterior plane of the femoral condyle
region
Shown in bold in Table 5.11 are muscles forces which were equal to, or greater
than, 75% peak muscle force. In the beam theory model there was a limitation
when modelling the muscle stiffness profile. Unlike the settings in the finite element
model a peak muscle force could not be set. This resulted in some muscles taking a
greater force than desired. This included gluteus minimus 2, biceps femoris short
head and sartorius. The muscles which were exhibiting extra force in the beam
theory model, as compared to the finite element model, may account for an altered
model behaviour, resulting in the vastus muscles also being active in the beam
theory model. This may also have been due to the different boundary conditions.
The tensor fasciae latae force is significantly larger than its 75% peak muscle
force, and is equal to the force in the iliotibial band of 315 N. Due to the limitation
that it was not possible to set the peak muscle force, and that the tensor fascia
latae and iliotibial band were connected together, instead of acting as two separate
entities the iliotibial band and tensor fascia latae acted as one. This is an additional
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limitation to the beam theory model and one could that could be improved upon
with any further developments.
In summary, the free boundary condition beam theory model compared very
favourably to the finite element model, even with its slight differences in femoral
condyle definition, boundary condition constraint and muscle force-displacement
definition. The principal strain plots, displacement and reaction force results all
demonstrated the same distribution patterns and loading regime.
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5.8 Experiment Comparison Model
A further beam theory model was developed to compare to the free boundary
condition experimental model and corresponding finite element model defined in
Section 4.5.3.1.
5.8.1 Method
The basic femur, as described in Section 5.4, was positioned at 12◦ of adduction
and 7◦ of flexion, corresponding to the free boundary condition experimental model
(Section 4.5.3) and finite element model (Section 3.6). The origin was located at the
centre of the femoral head. Due to the configuration of Oasys GSA, the x axis was
oriented proximally, the y axis oriented posteriorly and the z axis medially. This
corresponded to the finite element axis where the z axis was oriented proximally,
the y axis oriented anteriorly and the x axis medially. A diagram of the axis
systems is shown in Figure 5.13. For all further references the finite element axis
system is reported.
Coordinate points describing the edges of the loading device used in the
experimental set-up, and detailed in the finite element model in Section 4.5.3, were
plotted as nodes. These included the equivalent acetabular structure, the loading
bar and the points from which the rectus femoris and iliotibial band acted. The
nodes were joined with stiff beam elements to form a rigid structure. Each of the
acetabular points was connected to the node representing the centre of the femoral
head, also using stiff beam elements.
The abductor strap was represented using cable elements of stiffness 485 N/mm.
This stiffness corresponds to the stiffness of the strap used in the experiment
and the equivalent finite element model. The strap acted from a node defined as
representing the greater trochanter to the loading device. The node representing
the greater trochanter was directly attached to the nearest centroid node of the
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femur via a stiff beam element, as implemented in the free boundary condition
beam theory model (Section 5.7).
The experiment comparison beam theory model which has been described uses
forces and stiffness values equivalent to, and directly compares to the experimental
set-up focussing, on the medial aspect, repeat number one (Section 4.5.3.1). Local
axes were defined for the iliotibial band, biceps femoris and rectus femoris force.
The origin of each axis was set at the point of action on the loading device for the
iliotibial band and rectus femoris, and at the point of insertion on the femur for the
biceps femoris. The x axis for each muscle was set to act from the origin node to a
node representing the point of fixation on the base of the experimental rig. Nodal
forces were then applied to each origin node in the direction of the local x axis,
resulting in iliotibial band, biceps femoris short head and rectus femoris forces of
302 N, 80 N and 120 N respectively.
A node representing the point at the end of the cone, in the experimental and
finite element models, was then defined and attached to the node representing the
distal condyles via a stiff beam element. This node was then fully constrained.
A vertical force of 623 N was applied to a node on the loading bar 110 mm
medial to the centre of the femoral head. The point was constrained to prevent
translational movement in both anterior-posterior and medial-lateral planes; this
was representative of the ball and socket device used in the experimental rig. Figure
5.22 shows comparative graphical views of the finite element and beam theory
representations of the experimental setup.
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(a) Beam theory line plot (b) Beam theory section plot
(c) Finite element model
Figure 5.22: Comparative graphical views of the experimental beam theory
model, line plot (a) and section plot (b) and equivalent finite
element model (c)
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5.8.2 Results
The following graphs and tables show the results for the free boundary condition
experiment comparison between the finite element and beam theory models. The
specific model can be compared directly to the experimental set-up, focussing on
the medial aspect, repeat number one. It took the software Oasys GSA less than
one second to analyse the model, whereas it took the corresponding finite element
model 5890 seconds.
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Figure 5.23: Medial and lateral principal strains on the surface of the
cortical bone for the free boundary condition experimental
model and beam theory model, finite element (black) and beam
theory model (red)
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Figure 5.23 shows the principal strain on the medial and lateral surfaces for the
finite element and beam theory models. The finite element results are shown in
black and the beam theory results in red. Figure 5.24 shows the medial and lateral
displacement of the femoral shaft for the two models.
0 3
Medial−Lateral Displacement
Displacement (mm)
Figure 5.24: Medial and lateral displacement of the shaft. Blue represents
the finite element medial surface, black the finite element
lateral surface, and red the beam theory model.
Table 5.12: Resulting forces at the femoral condyles for the finite element
and beam theory model
Model Rcx (N) R
c
y (N) R
c
z (N) R
c (N)
Finite element 59.02 0.05 1112 1114
Beam theory 20.54 -16.09 1117 1117
Tables 5.12 and 5.13 show the reaction force at the condyles and displacement
of the femoral head for the two models. Ux, Uy and Uz refer to the overall
displacement in the global coordinate system, U is the resulting magnitude of the
overall displacement and UAx refers to displacement with reference to an axis set
between the centre of the femoral head and the centre of the femoral condyles.
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Table 5.13: Displacement of the femoral head for the free boundary
condition experimental finite element and beam theory models
Model Ux (mm) Uy (mm) Uz (mm) U (mm) UAx
(mm)
Finite element -1.093 -0.690 -1.453 1.944 1.332
Beam theory -3.370 -45.47 -4.079 45.77 3.310
5.8.3 Discussion and Conclusion
As demonstrated in all the beam theory models, when comparing the finite element
free boundary condition experimental model to the equivalent beam theory model
(Figure 5.23), the principal strain plots compare very well. Both the medial and
lateral aspects demonstrate the same strain distribution pattern for both techniques,
and, for both models, the medial aspect has an almost identical minimum principal
strain value throughout the shaft.
The maximum principal strain on the lateral aspect for the beam theory
model is approximately 250 µ larger throughout the length of the shaft than the
equivalent for the finite element model. The reason for the slightly higher strain
value may be that the muscle forces acting on the lateral side of the bone in the
beam theory model were not constrained to act along the line of action of the
muscle, as they were in the finite element and experimental model. In the beam
theory model, muscle forces were applied as nodal forces at the insertion point
of the muscle, in the direction of a local coordinate axis which was originally
defined in line with the action of the muscle. As the model rotated or displaced
during loading, the axes remained unchanged and therefore no longer followed the
specific line of action of the muscle, and as a result, would have created a slightly
different loading regime. Since muscles act to reduce the strain on the surface of
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the femur, with the less structured loading regime, the action of the muscle may
not have been so significant and therefore the principal strain will be slightly higher.
Figure 5.24 shows a comparison of the displacement of the shaft. As also shown
in the results for the free boundary condition beam theory model, the displacement
of the shaft, in comparison to the finite element model, is lower. This has been
accounted for by the fully fixed constraint, as opposed to the pin restraint. The pin
restraint could not be applied in the beam theory model: if it were to be applied
the model would over-rotate. The displacement of the shaft does, however, show
the same distribution pattern for both models, and demonstrates that the bone was
acting in the same manner in both models.
The reaction forces compared well for both the finite element and beam
theory models with the total reaction force for the finite element model being
1114 N and for theory model, 1117 N. The overall displacement of the femoral
head was 1.94 mm in the finite element model and 45.77 mm in the beam
theory model. Therefore the beam theory model was considerably higher than
the finite element model. This may again be due to the fact that the muscle
forces were not being constrained along their lines of action as they were in
the finite element model, therefore allowing greater movement of the model
to occur. When considering the displacement relative to the defined axis, the
values were much closer, 1.332 mm for the finite element model and 3.310 for
the beam theory model, however the difference in modelling technique is still shown.
In summary, the beam theory free boundary condition experimental model
strain, reaction force and displacement of the femoral shaft compares well to the
finite element free boundary condition experimental model. Since the finite element
model also compared favourably to the actual experimental model (Section 4.5.3),
an assumption could be made that the beam theory model would also compare well
to the experimental model. This further verifies and validates the free boundary
condition finite element model.
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5.9 Summary
A modern beam theory model of the femur has been developed. It has been
compared to fixed and free boundary condition finite element models, and indirectly
compared to a free boundary condition experimental model.
The most remarkable feature of the beam theory model is that it analysed all
models within one second, on a standard computer. This is in comparison to the
finite element models which required significant computational power and time.
Additionally, the beam theory models produced strain results which compared
extremely favourably with the finite element models. Due to the speed at which
models can be analysed, and the close comparison to finite element results, the
beam theory model could be used as an alternative to finite element modelling,
when a fast, efficient method of predicting strain patterns on the surface of the
femur is required, or sufficient computational power is not available. The beam
theory model could also be used by surgeons, providing fast and understandable
results which are easily viewed using graphical images.
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Chapter 6
Discussion, Conclusion and
Further Work
This study has focussed on modelling the mechanical behaviour of the natural
femur using finite element, experimental and beam theory modelling techniques. A
unique free boundary condition finite element model, based on an original model by
Phillips (2009), has been further developed and validated using the experimental
and beam theory models. Throughout the study interim conclusions have been
drawn. The following sections - 6.1, 6.2 and 6.3 - provide detail on what was
achieved using each modelling technique, and the main conclusions.
6.1 Finite Element Modelling
Initially, the basic model of the femur, the geometry, the material properties and
the mesh were defined. This basic set-up was then used for all further models. Two
studies were conducted examining the effect of boundary condition and loading
on the fixed boundary condition finite element model. The results showed the
importance of these two factors, with the most physiological results occurring with
a distal restraint on the bone and a full set of muscle loading.
A free boundary condition finite element model was also constructed. This was
based on the model by Phillips (2009) where the femur was treated as a complete
musculoskeletal construct, spanning the length between the hip and knee joints. In
this model, muscles were represented as linear spring elements with single lines of
action acting from their origination to insertion point, and where their stiffnesses
were based on a linear force-displacement criteria. This model allowed muscles to
be included as reactive, as opposed to active elements. This model is believed to be
more physiologically representative than models where the femur is constrained by
a fixed boundary condition, since there is no obvious physiological basis for a fixed
boundary.
The free boundary condition model was shown to compare favourably to the
most advanced fixed boundary condition modelling approaches (Duda et al., 1998;
Speirs et al., 2007); to have hip joint reaction force data that compared closely to
in vivo data measured by Bergmann et al. (2001), Bergmann (1998); and to show
displacement of the femoral head and deflection of the femoral shaft that correlated
with radiological measurements taken by Taylor et al. (1996), and muscle forces
that matched well with optimisation studies (Duda et al., 1998; Heller et al., 2001a).
A sensitivity study, was then conducted examining the effect of linear versus
non-linear implementations of the free boundary condition finite element model.
Four non-linear cases were examined, each reaching the same 0.75Fmpeak at the same
displacement as the linear model. The results showed that there was no significant
difference in the strain on the cortex of the femur, the reaction forces at the hip
and knee joints, or the displacement of the femoral head and femoral shaft, for the
non-linear models in comparison to each other and the linear case. The results
from this study did not compare well to the initial study conducted by Phillips
(2009). The reason for this was because the non-linear force-displacement graph
defined by Phillips (2009) did not reach 0.75Fmpeak at the same displacement as
the linear force-displacement graph. Therefore the stiffness of each muscle was
significantly altered, and the results were comparing the effect of different stiffness
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values as opposed to a linear versus non-linear modelling approach. This highlights
the importance of correctly estimating the stiffness characteristic of the muscle.
6.2 Experimental Modelling
The first aim of this section was to verify digital image correlation as a viable
method for measuring strain on the surface of a specimen. Three- and four-point
bending tests were carried out on samples of trabecular blocks. A statistical
match-up method was established where 25 mm2 areas were defined and used for
direct comparison with finite element results. The results were also compared to
analytical results. The results showed that the digital image correlation technique
captured the strain on the surface of the sample well, providing a full field plot,
as opposed to single point results which would have been achieved using strain
gauges. The results compared favourably to the finite element and analytical
results, with the statistical match-up method being used to produce regression
analysis results. In conclusion, the digital image correlation technique was verified.
Additionally, the Young’s modulus of the samples was calculated and compared to
the manufacturer’s data, showing a good match-up.
Three- and four-point bending analysis was also carried out on cortical
blocks to check the material properties of the samples. The results showed
that the experimentally calculated Young’s modulus was significantly lower
than the manufacturer’s data, being approximately 8 GPa, as opposed to the
manufacturer-reported 16.7 GPa. This highlighted the need to measure the
material properties of the synthetic femur used in experimental studies in order
to ensure accurate material properties were assigned in the corresponding finite
element models.
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Following on from the material property calculation on the cortical block,
indicating that the manufacturer reported material properties of the biomechanical
specimens were not accurate, at the end of the experimental tests the medium
left fourth-generation composite femur obtained from Sawbones inc. was cut and
three-point bending tests were carried out according to BSI ISO 178:1993, Plastics
- Determination of Flexural Properties. The results showed that the mean average
Young’s modulus for the three specimens sampled was 10.53 GPa. This value was
then used in all comparative finite elment models. If the manufacturer’s Young’s
modulus was to be used, the experimental and finite element models could not
reasonably be compared.
A fixed boundary condition experimental study was then conducted using a
medium left fourth-generation composite femur obtained from Sawbones Inc. A
simplified loading regime was applied, consisting of hip joint reaction force and
abductor force. The aim of this study was to verify digital image correlation as
a method for measuring strain on the surface of a femur. There were several
experimental errors which may have affected the results, including creep occurring
within the system - caused by the bone cement; the abductor strap being too long;
and the loading device not being stable. However, using linear regression analysis
and the statistical match-up method, the results still compared relatively well with
both R-Squared values being higher than 0.9 for the analysis.
Finally, a simplified free boundary experimental rig was designed and a study
conducted. A reduced set of muscles was used, based on the muscles which had the
largest influence in the free boundary condition finite element model. The bone
was mounted on a base plate which then pivoted on a cone, allowing rotation to
occur, and therefore the overall experimental set-up was balanced between two
points representing the hip and the knee joint. The models were directly compared
to an equivalent finite element model. The free boundary condition regression
analysis results had a gradient much closer to 1 than the fixed boundary condition
experimental models indicating reduced experimental errors between the two
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set-ups. Additionally, the free boundary condition finite element and experimental
results compared well, validating the free boundary condition finite element model.
6.3 Beam Theory Modelling
The aim of this section was to construct a modern beam theory model and to
use it to further validate the free boundary condition finite element model and
experimental model. Beam theory modelling was popular in the early to mid
1900s, the calculations were crude and mainly carried out by hand. By the 1970s
finite element modelling had become established and was being used to analyse the
stresses in long bones such as the femur. Finite element modelling was considered
to be superior to beam theory modelling and little further development of beam
theory models took place.
The first stage in creating the basic beam theory model was to define an axis in
the solid model, generated from the CT scan of the medium left fourth-generation
composite femur obtained from Sawbones inc. (Item 3403, Sawbones, Pacific
Research Laboratories Inc., Sweden). Section cuts were then taken perpendicular
to the axis in the head, neck and shaft region. Each section cut defined the outline
of the corresponding cortical and trabecular section at that point. These section
definitions were then imported into Oasys GSA as a .dxf file. The section properties
for individual sections were then calculated within Oasys GSA; this included area,
second moments of area and torsion constant. Next, nodes were plotted at the
centroid of each section, elements were assigned between each node, and section
properties assigned to their corresponding elements. Finally, muscle insertion sites
were plotted as nodes and stiff elements were used to connect the site back to the
centre of the bone.
Initially, loading conditions were directly compared to a basic and a complex
fixed boundary condition finite element model. The strain on the medial and
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lateral surfaces were found for the beam theory model and compared very well
to the finite element models. The free boundary condition finite element model
was then replicated. The strain results again compared very favourably, as did the
reaction forces and resulting muscle forces. Other useful examples of results that
could be produced were demonstrated using this model. The main advantage of
the beam theory model was shown to be its speed during analysis, with even the
most detailed model taking less than one second to complete.
Finally, a model equivalent to the free boundary condition experimental model,
and therefore the experiment itself, was complied. The results showed a close
comparison to the finite element model, therefore also indicating a good match-up
with the actual experiment.
6.4 Recommendations and further work
Recommendations and further work that could be continued from this study are as
follows:
The knee definition of the free boundary condition finite element model could
be applied in a more physiological manner. In this study the tibial plateau was
included as a single plate with a curved condylar region matching the outline of
the femoral condyles, and the patella was included as connector elements applying
pressure from the muscles back onto the femur. Both these structures could be
defined more precisely. For instance the proximal section of a tibia, could be
included in the model. Ultimately a whole lower leg model could be defined with
the complete tibia and fibula, and a representation of the foot, as well as all the
muscles and ligaments from the pelvis to the foot included. This would give the
ultimate indication of how changes at one joint effects another joint.
238
Various sensitivity studies of the free boundary condition finite element model
could be conducted. These include a sensitivity study to examine in detail the
effect of the muscle single lines of action, as opposed to muscles spread over an
insertion site, and a sensitivity study to examine the effect of varying the predicted
force-displacement relationships assigned to the muscles.
The free boundary condition model could be analysed at various stages of gait,
and during everyday activities such as stair ascent and descent. In this study the
model only considered single leg stance. If the model were to be assessed during
stair ascent or descent further muscle implications would have to be considered.
For example, during these activities the gluteus muscles wrap around the proximal
portion of the femur - this would need to be represented in the finite element model,
as not only does the muscle apply a force it is also acting as a support structure.
In the free boundary condition finite element model, muscles were assumed to
be in a passive state and an active element was not included. In further models
an estimation of the active muscle contribution could be included. This could be
calculated based on electromyography studies. Additionally a pre-strain value was
not included in the model. This would be a value indicating the strain in the muscle
before the loading took place. This pre-strain value would be calculated based on
the position of the femur - the stance - the position of the muscle and the muscle
properties.
Having highlighted a difference between the quoted and measured cortical
Young’s modulus value, further experimental studies could be carried out on
synthetic bone and biomechanical test specimens to ensure their correct material
property definition. This should include a series of test measuring the specimen in
flexion and compression.
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To create a closer match-up to the free boundary condition finite element model,
the experimental model could be further developed to include muscles as specific
springs matching the stiffness values of the muscles used in the finite element model.
From the finite element and experimental model, it has been shown that in
a simplified case for single leg stance a reduced muscle set could be used with a
condylar boundary condition. This approximates the case of the free boundary
condition model. This model should include the abductor muscles, the rectus
femoris and the biceps femoris short head.
Similar to the finite element model, the beam theory model could also be further
developed to access the bone at other stages of gait and during every day activities,
it could also be extended to make a whole lower limb model. The main advantage of
the beam theory model was the speed at which the analysis took place. Therefore
the model could additionally be used to simulate a dynamic situation, such as the
gait cycle, where a series of stances could be run simultaneously representing the
movement.
Once the finite element model has been further developed and analysed at
different stages of gait and during everyday activities, ensuring its accuracy, it
could be used to pre-clinically assess a replacement hip or knee joint as well as the
effect of surgery.
A further developed beam theory model could utilise its speed of analysis
and therefore be used as an aid for discussion between surgeons and engineers.
In situations where surgical planning dictates a fast solution of many alternative
ideas, the beam theory model would be much more useful than the finite element
model. Examples of this are, for instance, when muscles need to be altered in a
cerebal palsy patient but the surgeon is unsure as to what is the best option, many
alternatives can be trialled, additionally, when considering the best approach for
osteotomy, again many options can be analysed quickly and easily. Once an option
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has been chosen, it can be used in the finite element model to give a more detailed
result.
6.5 Main Acheivements
In summary, the main achievements of this study are:
• The free boundary condition finite element model was validated as a viable
approach for modelling the femur
• Digital image correlation was verified as a viable method of measuring strain
both on trabecular biomechanical test specimens and on the synthetic femur
• A modern beam theory model based on the stiffness method was created
• For the first time in the modern era, a stiffness-based beam theory model was
compared to a finite element model
• For the first time an experimental, a finite element and a beam theory
model were compared, providing verification and validation for both the
computational approaches.
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